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ABSTRACT

Portable sensing for point-of-care (POC) has attracted a lot of attention in

these years and has been developed in a wide variety for clinical and en-

vironmental applications. The idea of POC comes from the advances in

portable smart electronic devices and micro-fluid systems which can be inte-

grated and miniaturized into a lab-on-a-chip. Modern electronic devices, like

smartphones, smartwatchs or even headsets, can achieve signal generating

and receiving by using interfaces like camera, flashlight, audio-jack, micro-

USB and wireless module. On the other side, development in the micro-fluid

system enables the integration of different diagnosis techniques like separa-

tion, quenching, lysing and sensing into a single chip. Polydimethylsiloxane

(PDMS) and SU-8 photoresist were commonly used in building such micro-

fluid systems, which was first demonstrated by Whiteside’s group. Quite a

large number of applications were published by coupling such system with op-

tical or electrical sensing techniques. In recent years, paper-based micro-fluid

systems have begun to take over the traditional micro-fluid systems mainly

due to paper’s pump-free and cost-effective property. Some new fabrication

methods like wax printing, screen printing and 3D printing were utilized

to make such paper-based platforms more attractive. The paper substrate

has been verified for use in different sensing stages with all of its proper-

ties, such as porous, self-pumping, flexible, anti-oxidation, cost-effective and

hydrophilic capabilities.

Many sensing techniques have been demonstrated to be coupled with such

micro-fluid systems mentioned above for POC applications. Plasmonic and

electrochemical methods are the two techniques that will be illustrated in

this dissertation. The plasmonic method is new in the sensing area. Plas-

mon is the oscillation of free electrons at the interface of metal and dielectric

material. With the incident of light, the resonance mode will be excited at

some certain frequencies which can enhance the optical signal in the form
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of reflection or transmission peaks. The resonance frequency can be tuned

by adjusting the surface refractive index, in such a way to achieve sensing.

More sensitive quantification could be achieved on some molecules with a

specific absorbance preference if the absorbance peak matches the resonance

mode of the sensing substrate. This is the specific application for sensing

some bio-targets with plasmon-induced absorbance enhancement. On the

contrary, the electrochemical method is a classic method to analyze the elec-

trical and chemical signal at the solid-liquid interface. Since it is easy to

miniaturize and integrate into modern electronic devices, it is widely used in

micro-fluid systems and POC applications. Most of the electrochemical sens-

ing techniques like potentiommetry, amperometry and impedance methods

create a balance of electrode kinetics and diffusion. The change of current

or impedance can be sensed by applying different forms of potential at the

electrode surface. Such electrical signal change indicates the variations in

concentration, which can be used to quantify the ions or bio-targets.

With such micro-fluid systems and sensing techniques mentioned above,

many environmental or clinical applications can be transformed into point-of-

care applications. For ion concentration quantification, electrochemical and

colorimetric methods could be the best solution. In the area of biosensing,

small molecules like glucose and larger targets like protein are what mostly

interest people, since they are very useful indicators of personal health condi-

tions. Plasmonic sensing could be used here due to refractive index change or

by matching the absorbance peak with the plasmonic resonance mode. Elec-

trochemical method could also be applied if a redox system could be built.

For larger bio-target sensing, like cells and bacteria, plasmonic enhanced

fluorescence or plasmonic enhancement by labeling with gold nano-particles

could help with the optical colorimetric sensing. The electrochemical method

is also applicable when used with optimized voltammetry method. By com-

bining these sensing techniques and micro-fluid systems for target separation,

quantification and identification, the future of POC technology is promis-

ing.
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“Hope is a good thing,

...

maybe the best of things.”
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CHAPTER 1

INTRODUCTION

1.1 Portable biosensors: Background to application

The use of transportable, portable, and handheld instruments (e.g.,blood

glucose meter) with test kits or strips made a revolution in clinical and en-

vironmental testing in the past ten years. Smartphones with excellent data

processing and communication functions will push the revolution further by

connecting to new developed portable and highly sensitive micro- or nano-

sensors.

The revolution to clinical application is point-of-care (POC) testing. POC

testing is defined as medical testing at or near the site of patient care. Simple

tests include those found in medical examinations, urine test strips and even

simple imaging such as with a portable ultrasound device.

The driving notion behind POC testing is to bring the test conveniently

and immediately to the patient. This increases the likelihood that the pa-

tient, physician, and care team will receive the results quicker, which allows

for making immediate clinical management decisions. Cheaper, faster, and

smarter POC testing devices have increased their use and made them cost-

effective for many diseases.

The revolution to environmental application is the portable instrument for

measurement of contaminants in water or soil. Reductants of contaminant

ions like nitrate, nitrite, phosphate and ammonia are able to be detected

by electrochemical method which could be easily applied to portable instru-

ments. Organic pollutants like industrial solvents and chlorinated solvents

which have a large refractive index change could be detected by portable col-

orimetric sensing techniques which are based on the localized surface plasmon

resonance principle.

The study of biosensors discussed in this dissertation is based on the sens-
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ing principle at the liquid-solid interface. As for electrical biosensors, the

electrochemical method is the core to convert bio-signals into electrical sig-

nals. While for optical biosensors, the plasmonic phenomenon is the primary

sensing principle for spectral, imaging or colorimetric sensing applications.

The following two sections will discuss in detail these two sensing principles

primarily used in biosensors.

1.2 Principle of electrochemical biosensor

Electrochemistry is an area that studies the phenomenon at the electrode

interface, where electrode kinetics and diffusion are generally involved, such

that most sensing principles are based on the balance of these two mecha-

nisms. Figure 1.1a demonstrates the diffusion and electron transfer process

at the electrode surface.

The most commonly used sensing technique in electrochemistry is the

voltammetry method, which retrieves the current signal by changing the po-

tential at the electrode interface. Next the cyclic voltammetry is presented

as an example to show the balance between electrode kinetics and diffusion.

Figure 1.1b shows a typical I-V curve from the cyclic voltammetry (CV)

method.

Cyclic voltammetry is a type of potentiodynamic electrochemical measure-

ment. In a cyclic voltammetry experiment, the working electrode potential

is ramped linearly versus time. Unlike inlinear sweep voltammetry, after the

set potential is reached in a CV experiment, the working electrode’s potential

is ramped in the opposite direction to return to the initial potential. These

cycles of ramps in potential may be repeated as many times as desired. The

current at the working electrode is plotted versus the applied voltage (i.e.,

the working electrode’s potential) to give the cyclic voltammogram trace.

Cyclic voltammetry is generally used to study the electrochemical properties

of ananalyte in solution [1–3].

For an electrochemical system with only oxide in the solution, the govern-

ing equation for a single side linear voltage sweeping is [1]:

E = E0′ +
RT

nF
ln
CO(0, t)

CR(0, t)
(1.1)
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E(t) = Ei − vt (1.2)

−JO(0, t) =
i(t)

nFA
= DO

[
∂CO(x, t)

∂x

]
(1.3)

∂CO(x, t)

∂t
= DO

∂2CO(x, t)

∂x2
(1.4)

∂CR(x, t)

∂t
= DR

∂2CR(x, t)

∂x2
(1.5)

At the interface of the metal electrode and solution, the boundary equa-

tions are [1]:

CO(x, 0) = C∗O (1.6)

lim
x→∞

CO(x, t) = C∗O (1.7)

CR(x, 0) = 0 (1.8)

lim
x→∞

CR(x, t) = C∗R (1.9)

DO(
∂CO(x, t)

∂x
)x=0 +DR(

∂CR(x, t)

∂x
)x=0 = 0 (1.10)

By solving the above equations and boundary conditions, the peak current

intensity could be written as [1]:

ip = (2.69× 105)n3/2AD
1/2
O C

1/2
O v1/2 (1.11)

The current density is linearly proportional to the concentration of analyte

at the fixed voltage sweeping rate. Despite the ramp function for electrode

potential, other functions could also be applied to the electrode interface to

retrieve the corresponding current signal, like step function or more compli-
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cated functions for differential pulse voltammetry (DPV) and square wave

voltammetry (SWV).

Unlike the voltammetry method which collects the current signal, elec-

trochemical impedance spectroscopy (EIS) instead analyzes charge transfer

resistance and diffusion impedance, which is another useful tool for electro-

chemical sensing. With electrode potential set at 0 volt, the EIS system

can be converted into an impedance spectroscopy (IS) system, which is a

relative powerful method of characterizing many of the electrical properties

of materials and their interfaces with electronically conducting electrodes.

It could be used to investigate the dynamics of bound or mobile charge in

the bulk or interfacial regions of any kind of solid or liquid material: ionic,

semiconducting, mixed electronic-ionic, and even insulators (dielectrics) [4].

Any intrinsic property that influences the conductivity of an electrode-

materials system, or an external stimulus, can be studied by IS. The pa-

rameters derived from an IS spectrum fall generally into two categories: (a)

those pertinent only to the material itself, such as conductivity, dielectric

constant and mobility of recombination rates; and (b) those pertinent to an

electrode-material interface, such as adsorption-reaction rate constants, ca-

pacitance of the interface region, and diffusion coefficient of neutral species

in the electrode itself [4].

The classic model for impedance spectroscopy is mixed controlled by ki-

netic and diffusion. At the interface of the electrode and electrolyte, the

equivalent circuit could be considered as shown in Fig. 1.2a.

The parallel elements are introduced because the total current through

the electrode interface is the sum of distinct contributions from the faradaic

process and double-layer charging. The double-layer capacitance at the elec-

trode interface is nearly a pure capacitance; hence it is represented in the

equivalent circuit by the element Cd. The faradaic process cannot be rep-

resented by a simple linear circuit element. One way to represent this is to

separate a pure resistance, Rct, the charge transfer resistance, from another

general impedance, ZW , the Warburg impedance, which represents a kind

of resistance to mass transfer. Rπ represents the resistance of solution. By

taking into consideration of the frequency, which affects the value of ZW and
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Cd, the total impedance for the real and image parts could be derived as [1]:

ZRe = Rπ +
Rct + σω−1/2

(Cdσω1/2 + 1)2 + ω2C2
d(Rct + σω−1/2)2

(1.12)

ZIm =
ωCd(Rct + σω−1/2)2 + σω−1/2(ω1/2Cdσ + 1)

(Cdσω1/2 + 1)2 + ω2C2
d(Rct + σω−1/2)2

(1.13)

σ =
RT

n2F 2A
√

2

(
1

D
1/2
O C∗O

+
1

D
1/2
R C∗R

)
(1.14)

n is the number of transfer electron; F is Faraday constant; A is the electrode

surface area; R is gas constant; T is temperature; D is diffusion constant; C∗

is the bulk concentration.

For low-frequency limit approximation, the relationship between the real

part and imaginary part of impedance could be written as:

ZIm = ZRe −Rπ −Rct + 2σ2Cd (1.15)

For high-frequency limit approximation, the relationship between the real

part and imaginary part of impedance could be written as:(
ZRe −Rπ −

Rct

2

)2

+ Z2
Im =

(
Rct

2

)2

(1.16)

By sweeping from low frequency to high frequency, the real part and imag-

inary part of impedance could be drawn on the same plot, which is called

the Nyquist plot shown in Fig. 1.2b. From the Nyquist plot, the charge

transfer resistance (Rct), double-layer capacitance (Cd) and peak frequency

of the Nyquist circle could all be derived. The conductivity and permittivity

which are related to electrolyte concentration at the electrode interface could

be characterized from these parameters.

As discussed above, electrochemistry is the study at the electrode inter-

face. Parameter changes at such interfaces could be used for bio-sensing.

For ion concentration quantification, the diffusion flux which is due to the

concentration gradient could be used to obtain the current signal for sensing.

For many bio-target quantification applications, the electrode coverage due
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to surface binding is another merit for sensing. Among these applications,

both the charge transfer process and the diffusion process can be applied to

build an optimized sensing system.

1.3 Principle of plasmonic biosensor

Electrochemistry is the study of electrical signal at the sensing interface,

while plasmonics is the study of optical signal at such an interface, normally

between liquid and solid.

Surface plasmon is collective oscillations of the free electrons at the inter-

face of two materials. Noble metals like gold (Au) and silver (Ag) have been

reported to exhibit strong surface plasmon polariton (SPP) in the visible

wavelength at the condition of momentum matching [5]. This condition can

be expressed as:

k0 sin θ = kspp (1.17)

where k0 is the wavevector of incident light, θ is the incident angle and kspp

is the wavevector of SPP mode [6], [7]. kspp can be expressed as:

kspp = k0

√
εmεd
εm + εd

(1.18)

where εm and εd are the dielectric constants of the surface metal and sur-

rounding materials [6–9]. Although prism coupling could satisfy this con-

dition by increasing the dielectric constant which increases the incident in-

plane wavevector, this massive configuration is out of date for convenient

bio-sensing application. Nano-array structures could achieve this momentum

matching condition in the form of sub-wavelength grating without a bulky

optical component. The matching condition can be described by Braggs

coupling equation:

k0 sin θ ± υG = kspp (1.19)

where υ is the grating order for the reciprocal grating vector G (G = 2π
a

, a

is the grating period) [7–9]. The resonance condition for SPP can be tuned

by changing the incident angle (θ), period of nano-array structure (a) or
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dielectric constant of material (εd) over the metal surface. The minimum

condition of εm(ω) + εd(ω) is the foundation for refractive index sensing [7].

Nano-array structures with specifically designed size and shape can even

exhibit localized surface plasmon (LSP) which is normally confined to metal

particles or curved surface [6], [7], [10]. The resonance condition for LSP

is quite different from the condition for SPP due to the different boundary

conditions in modeling. If an ideal sphere metal nano-particle with sub-

wavelength size is analyzed, the scattering field will reach its maximum at

the minimum condition of εm(ω) + 2εd(ω) [7]. This resonance mode derived

from a noble metal particle can also be estimated from Mie scattering. Due

to the confines of LSP resonance (LSPR) by nature, the short decay length

is an intrinsic property that enhanced scattering field is only effective within

a short distance (∼10 nm) from the metal surface. This property leads

to ultra-sensitivity of LSPR-based nano-arrays for bio-sensing whenever the

analyte in question is very close to the metal particle surface [11]. Figure

1.3 illustrates the electric field distribution from both SPP and LSPR. The

decay length of these two modes were also demonstrated.

The LSPR mode is the key feature that both the highly sensitivity to

refractive index change and enhanced scattering field within its decay length

can be utilized for ultra-sensitive bio-sensing. As for sensing by refractive

index change, the sensing performance is usually evaluated by the figure of

merit (FOM), which is related to sensitivity (S) and the full-width at half

maximum (FWHM) at the resonant peak [12]. The sensitivity is measured

by wavelength shift per refractive index unit (RIU), which is often defined

by the structures intrinsic parameters like depth and metal coverage. The

FWHM indicates the ability of the structure to confine EM fields at resonance

mode, which determines selectivity.

FOM =
S (nm/RIU)

FWHM (nm)
(1.20)

It is important to have high RI sensitivity and resolution for effective ion

or bio-target quantification. In terms of common ion quantification, a SPR-

based sensor with high sensitivity often displays its advantage with a stronger

signal than LSPR, since the change of target concentration is uniform within

the decay length of wave propagation. But for the case of certain metal ions

or bio-targets which accumulate or bind closely at the nano-array surface,
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LSPR sensors show an ultra-sensitive response to low concentration change.

Despite the refractive index sensing, the locally enhanced electro-magnetic

field near the plasmonic structure surface can be used for fluorescence and

absorbance enhancement. Due to the curved nano-structure, a locally en-

hanced field behaves like an energy hot-spot, which confines energy at high

intensity. The fluorophore or chromophore which absorbs light acts as an

acceptor while the plasmon acts as an energy donor, similar to Foster reso-

nant energy transfer (FRET). By matching the fluorophore or chromophores

absorbance peak and the devices plasmonic resonance peak, the absorbance

of fluorophore or chromophore could be enhanced. The performance is nor-

mally evaluated by an enhancement factor, a comparison with a plane metal

surface.

The portable plasmonic biosensor discussed in this dissertation was used

for both refractive index sensing and absorbance enhancement sensing.

1.4 Overview of dissertation

In this dissertation, the development of portable electrochemical and plas-

monic biosensor is discussed in detail, as well as the sensor integration in

the system level. Chapter 2 summarizes current state-of-the-art approaches

to portable biosensors, especially smartphone and microfluidic based, for

biomedical application. Chapter 3 mainly includes the characterization of a

novel plasmonic biosensor with a nano-cup array structure. Portable solu-

tions for both refractive index sensing and absorbance enhancement sensing

were demonstrated. Chapter 4 demonstrates a miniaturized electrochemical

sensor integrated to the smartphone-based sensing system, which makes use

of frequency modulation through an audio jack. Chapter 5 illustrates a pre-

concentrate interdigitated electrode for bacteria sensing using an impedance

spectroscopy method. The sensing system is based on wireless communica-

tion. Chapter 6 shows a novel paper-based interdigitated electrode, which

can effectively do white blood cell quantification using physical adsorption

and a diffusion blockage mechanism. In addition, different parameters for

such paper-based electrochemical sensor is characterized. In Chapter 7, a

further study on paper-based electrochemical sensors is performed and the

filtering function of such electrodes for both separation and sensing is devel-
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oped.

1.5 Figures

Figure 1.1: Electrochemical principle and method. (a) Diffusion and electron
transfer near the electrode surface. (b) Cyclic voltammetry curve with current at
y axis and potential at x axis.

Figure 1.2: Principle of electrochemical impedance spectroscopy. (a) Equivalent
circuit at the electrode and solution interface. (b) Nyquist plot with both mass
transfer control and kinetic control.

9



Figure 1.3: Comparison between SPR and LSPR. (a) Illustration of SPR. (b)
Decay length for SPR. (c) Illustration of LSPR. (d) Decay length for LSPR.

10



CHAPTER 2

BACKGROUND AND MOTIVATION

In this chapter, a review on current portable devices for biomedical sensing

will be introduced. Both optical and electrical solutions for such portable

sensing will be shown. A paper-based microfluidic technique which has been

very popular in recent years will also be introduced. The advantages and

challenges of each technique will be discussed as well. In the last section of

this chapter, considerations in system design will be discussed.

2.1 Introduction

There have been many portable bio-sensing devices which are mainly ap-

plied to clinical diagnosis and environmental monitoring. The targets for

bio-sensing can be ions, small molecules, proteins, DNA or large cells. The

physical and chemical properties vary a lot among these targets. Most of

the sensing techniques can be classified into two categories in terms of prin-

ciple: optical and electrical. The optical sensors usually make use of fluo-

rescence, plasmonic, colorimetric or chemiluminescence to generate optical

signals which will be used for quantification. The electrical sensors, mostly

electrochemical or impedance sensors, characterize electrical signals like volt-

age, current or impedance to quantify the sensing target. The following two

sections will specifically focus on optical and electrical solutions for portable

sensing.

2.2 Portable biosensing with optical solution

The use of portable optical bio-sensing usually involves an optimized light

source, sensitive sensing technique and advanced image processing method.

In the world of labeling sensing, fluorescence is still a reliable technique where
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strong and stable optical signals can be obtained through a portable instru-

ment like a smartphone. So a fluorescence microscopy imaging system is first

integrated into a portable instrument.

Oscan’s group at UCLA led the use of an embedded camera in a smart-

phone for different kinds of medical, biological and environmental applica-

tions (see Fig. 2.1). They developed a smartphone-based handheld platform

that allows the quantification of mercury ions in water samples with a parts

per billion (ppb) level of sensitivity. A plasmonic gold nanoparticle and

aptamer-based colorimetric transmission assay was first implemented in dis-

posable test tubes. They quantified mercury ion concentration in water sam-

ples by using a two-color ratiometric method employing light-emitting diodes

(LEDs) at 523 nm and 625 nm, where a custom-developed application was

utilized to process each acquired transmission image on the same phone to

achieve a limit of detection of ∼3.5 ppb [13]. In the food industry, a cell-

phone based imaging platform for a microsphere fluorescence immunoassay

that detects the presence of anti-recombinant bovine somatotropin (rbST)

antibodies in milk extracts was developed [14]. In the field of biology, Q. Wei

et al. [15] demonstrated imaging and length quantification of single-molecule

DNA strands using a compact, lightweight and cost-effective fluorescence mi-

croscope installed on a mobile phone. As another environmental application,

Koydemir et al. [16] demonstrated a field-portable and cost-effective plat-

form for detection and quantification of Giardia lamblia cysts, one of the

most common waterborne parasites, which has a thick cell wall that makes

it resistant to most water disinfection techniques including chlorination. The

platform consists of a smartphone coupled with an opto-mechanical attach-

ment, which utilizes a handheld fluorescence microscope design aligned with

the camera unit of the smartphone to image custom designed disposable

water sample cassettes.

In the world of label-free bio-sensing, it requires either high sensitivity in

the visible wavelength from the device or an embedded miniaturized spec-

trometer system. Cunningham’s group at UIUC utilized photonic crystal as

the sensing substrate, which showed very high-quality factor. The embedded

camera on smartphone was used as a spectrometer to read out signals from

the ELISA assay [17].

Instead of a physical process, some chemical process or reaction could also

be utilized for optical sensing. The most common method is the colorimetric
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sensing by chemical reactions. Shen et al. used an advanced image processing

algorithm to achieve colorimetric sensing on strips by analyzing images taken

from a smartphone [18].

2.3 Portable biosensing with electrical solution

Most of the portable electrical bio-sensing is based on an electrochemical

principle, which converts a signal from a bio-target into an electrical sig-

nal in terms of voltage, current or impedance. The most successful case is

the handheld glucose meter. Three-electrode miniaturization is the key in

portable electrochemical sensing.

Lillehoj et al. [19] presented a microfluidic based amperometric sensor for

fast quantification of PfHRP2, which is an important indicator for malaria

(see Fig. 2.2a). By monitoring the electrochemical current when constant

potential is applied, the biomarker quantification could be implemented. The

communication between phone and sensing board was achieved by micro-

USB, which is a universal interface on phones.

Whiteside’s group developed an inexpensive, handheld device that couples

the most common forms of electrochemical analysis, like cyclic voltammetry,

anode striping, and differential pulse voltammetry, for use in resource-limited

settings (see Figs. 2.2b and 2.2c). The device is designed to operate with

a wide range of electrode formats, performs on-board mixing of samples by

vibration, and transmits data over voice using audio, an approach that guar-

antees broad compatibility with any available mobile phone [20].

Besides the electrochemical method for sensing, the impedance method

was also applied for bio-sensing in recent years. Zhang et al. proposed

an impedance sensor system which made use of screen printed electrodes

for 2,4,6-trinitrotoluene (TNT) detection. The electrochemical impedance

spectroscopy method was first applied to verify the peptide binding on the

electrode. Bluetooth was used for portable sensing through the smartphone,

in which the sensing data could be sent to a smartphone wirelessly. In order

to simplify the sensing hardware requirement, single frequency impedance

was used and the critical frequency was optimized by analyzing the EIS

response [21].
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2.4 Portable biosensing with paper-based microfluidic

technique

Although a microfluidic technique enabled portable sensing such as lab-on-

a-chip technique, it still suffers some disadvantages which keep it from a real

point-of-care application. Most microfluidic techniques are based on PDMS

or silicon as the sensing substrate, which involves a time-consuming fabrica-

tion process and is not sufficiently cost effective. Even if such a microfluidic

chip could be finalized for mass production, the driving force for microfluid

is absent. People still need to rely on external forces like cringer pumps to

drive the fluid flow [22]. Other problems like channel clogging also brings up

more challenges for robustness of the whole system [23]. The paper-based

microfluidic technique has been on a trend to take over traditional microflu-

idics in recent years mainly because of its pump-free character [24], [25].

The capillary force within the paper fiber finally successfully gets rid of the

bulky instrument. Its low cost, flexibility, ease of patterning and disposable

properties make this approach a promising candidate for practical point-of-

care applications [24]. There is much research on this paper-based sensing

technique in most recent years for both optical and electrical bio-sensing.

The Whiteside group, who invented conventional microfluidic technique,

still pioneered this area for paper-based sensing (see Fig. 2.3). They made

their first paper-based micro-pad (PAD) as early as 2007, which implemented

colorimetric sensing for glucose and protein [26] (see Fig. 2.3a). They then

proposed three-dimensional paper microfluidic devices which enabled multi-

ple testing simultaneously with high throughput. They also made it possible

for new analytical protocols inexpensively without any external pumps [27],

[28] (see Fig. 2.3b). Besides the colorimetric sensing, they achieve electro-

chemical sensing using paper microfluidic chips with electrodes embedded in

the three-dimensional paper system. All the electrochemical voltammetry

methods could be applied on this new disposable platform [29], [30] (see Fig.

2.3d).

Within these two recent years, more fabrication techniques and sensing

principles were invented for paper-based microfluidic chips for bio-sensing

(see Fig. 2.4). Rattanarat et al. proposed their implementation of com-

bining electrochemical and colorimetric principle together for multiple ion

detection (see Fig. 2.4a). This kind of device made use of the sensing prop-
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erty of discrete ions, among which some are better for colorimetric testing

while some can only be measured by special electrochemical methods like an-

ode stripping [31]. Paper-based optical sensing was also achieved by Delaney

et al. using electrochemical-luminescence through smartphone [32]. In 2015,

the sensing target showed a transition from small ions or molecules to large

cell, which is more cytological. Su et al. achieved cancer cell detection using

electrochemical method which had the potential for portable early cancer

detection [33] (see Fig. 2.4b). The principle is mainly based on the reaction

between protein bio-marker and HRP. Besides the guided flow within paper

which was normally used, the trapping and filtering property of paper began

to be utilized as well. Recent attempts were reported to capture WBC on

porous membrane substrate by physical trapping [34] or capture antibod-

ies [35] (see Fig. 2.4d). The quantification method was based on imaging

processing with either fluorescent dyes [35] or gold nanoparticles [34] labeling

(see Fig. 2.4c).

2.5 Consideration for system design

Portable sensing technique is not just the art of sensors, but a whole picture

of both sensors and sensor integration. This section is mainly focused on

integration of sensors into portable systems.

In terms of fabrication, the most common process to make microfluidic

channels is by wax printing or photoresist patterning [36]. As for more com-

plicated structure like three-dimensional or stacked paper devices, double-

sided tape or other hydrophobic material was often used [36].

In the electrical sensing system, power management and battery choice

should be taken into consideration when designing the portable sensing sys-

tem. Take electrochemical sensing as an example, in which the voltammetry

potential range and corresponding sensing current range directly define the

specs of the integrated circuits (IC). Those specifications include the supply

voltage, frequency bandwidth, maximum current bias, common mode rejec-

tion ratio, and power signal rejection ratio. With functional IC determined,

the ADC and DAC for data communication should be chosen according to the

sensing accuracy needed. This requires complete investigation of the front-

end sensor’s sensitivity and limit of detection analysis. After finalizing all the

15



functional and data communication ICs, power management ICs like switch-

mode regulators or LDOs should be chosen. The golden rule is to ensure

highest efficiency and lowest ripple amplitude for the supply voltage. The

battery should also be selected by considering the voltage range across the

whole state of charge. Finally, the interface communication method should

also be taken into consideration. There are generally three types of interface

communication methods: audio jack, micro-USB and wireless (Bluetooth).

Battery-free may be achievable only for the audio jack interface, but this also

limits the signal types generated from such an interface. Further, the power

consumption is difficult to regulate. The micro-USB interface usually needs

an FTDI chip with bus protocols like UART, I2C or SPI, to communicate

with a micro-controller. Data communication in this way is more reliable

and usually can achieve the best power efficiency. The wireless method is

more convenient than micro-USB, which can achieve remote sensing but, of

course, is companied with more power consumption. Since the specific IC

should be used for wireless communication, a micro-controller with suitable

bus protocol is still necessary for such method.

In the optical sensing system, regardless of whether it is colorimetric or

optical imaging, image processing technique is always the analyzing method.

So the resolution and focal length of the camera should be verified after

analyzing the sensing resolution and limit of detection from the sensor itself.

Some mechanical fixture with an adjustable position may be necessary for

adaptive focusing. Besides the detection component, the light source also

plays an important role in portable sensing. Unlike the ideal light source

used in a lab which often shows uniform intensity across a wide wavelength

range, the light source for portable sensing are not uniform. So the emission

spectrum should be analyzed first and some prediction should be made about

its effect on the sensing results. Furthermore, the ambient light affects the

camera performance a lot if a consistent light environment is not provided.

The most common solution is to create a dark room with a diffusive reflection

surface to make sure the camera only receives light from the sensor itself.

Although some self-calibration method was used to cancel out the effect from

ambient light, the settings for a camera at the software side should be very

consistent.
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2.6 Figures

Figure 2.1: Collection of optical solution for portable sensing. (a) Smartphone
based mercury sensor. (b) Smartphone based fluorescence sensing for rbST anti-
body. (c) Smartphone based microscope for single molecule DNA strand detec-
tion. (d) Field-portable and cost-effective fluorescence microscope for detection
and quantification of Giardia lamblia cysts.

Figure 2.2: Collection of electrical solution for portable sensing. (a) Smart-
phone based amperometric sensing with microfluidic chip. (b) Universal mobile
electrochemical detection platform using audio jack as communication interface.
(c) Different voltammetry methods and testing waveforms from universal electro-
chemical detection platform.
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Figure 2.3: Collection of paper-based microfluidic sensing. (a) Paper-based
micro-fluid chip for simultaneously detection of glucose and protein. (b) Two-layer
paper structure for multi-target detection. (c) Three-dimensional paper structure
for multi-target testing with high throughout. (d) Paper-based chip with embed-
ded electrodes for electrochemical detection.

Figure 2.4: Most recent paper-based microfluid sensing. (a) Paper-based mi-
crofluidic chip for ion quantification with both electrochemical and colorimetric
method. (b) Paper-based electrochemical chip for cancer cell detection. (c) Image
processing method used for quantification of gold nano-particle density. (d) Setup
for paper trapping and filtering.
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CHAPTER 3

SMARTPHONE-BASED
NANO-PLASMONIC SENSOR FOR

COLORIMETRIC SENSING

3.1 Introduction

In this chapter a nano-cup array plasmonic structure is demonstrated with

high sensitivity and colorimetric properties. Simulation with FDTD (Finite-

Difference Time-Domain) is implemented to analyze the plasmonic resonance

mode. The potential for its sensitivity in refractive index sensing is verified

using glycerol. The enhanced scattering field at resonance mode is also uti-

lized to amplify absorbance, which is later applied to colorimetric sensing for

protein.

As we know, noble metallic nanostructures have been demonstrated to be

used in the application of biological sensing [37], [38], imaging [39], [40] and

energy harvesting [41], [42] in recent years, mainly due to the advantage of

their unique plasmonic property. Noble metal shows collective electromag-

netic resonance due to their negative refractive index in the visible range,

which leads to surface plasmon resonance (SPR) or localized surface plasmon

resonance (LSPR) [7], [43]. Both SPR and LSPR techniques are widely used

for label-free biological sensing [44–47]. Compared with classical Krestch-

mann configuration, which involves complex prism integration [48], noble

metallic nanostructure is more adaptive to be integrated in portable devices

to achieve point-of-care applications [49]. Another advantage of plasmonic

nanostructure is the ability to perform colorimetric sensing, generally due to

its relatively large wavelength shift as refractive index changes. Although

quite a few sensing devices have been demonstrated for refractive index sens-

ing (resonance peak wavelength shift sensing), they suffer from either relative

low sensitivity [47], [50] or resonance wavelength beyond visible region [9].

Compared with chemical binding-based colorimetric sensing [51], [52], plas-

monic colorimetric sensing provides advantages such as faster readout [49],
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elimination of chemical preparation or mitigating other limitations like vapor

pressure and chemical flow control which brings additional complexities, for

example, in colorimetric gas sensing [53]. In terms of point-of-care appli-

cations, several groups have developed portable platforms using commercial

sensors and image processing method to do colorimetric sensing, but the

sensor lacks lower limit of detection (LoD) as required for sensitive biofluids

detection [18, 54, 55]. Further, in order to achieve repeatability and relia-

bility in the measurements, the sensors require a reference sample (sensor

with standard colorimetric properties) to account for the variation in light

source intensity, type of light source, Bayer filter algorithm, and sensitivity

of camera to incoming light.

Here we demonstrated a self-referenced portable nanoplasmonic imaging

platform for colorimetric biomolecule sensing, by using image processing

method under well-controlled optical imaging conditions. Unlike the clas-

sical extraordinary optical transmission (EOT) structure which usually gives

rise to multiple spectrum features [56], the transmission spectrum of our

plasmonic device has its single resonance wavelength in the visible light re-

gion [8]. We are able to demonstrate colorimetric sensing with a refractive

index change due to its SPR and LSPR phenomena [8], [57]. The mech-

anism of improved limit of detection for biomolecules quantification is due

to the matching of resonance wavelength of the sensor after refractive in-

dex changes to that of absorbance wavelength of the analyte. Absorbance

is, thus, enhanced at this resonance wavelength under amplified electromag-

netic intensity near the substrate surface [58]. The portable plasmonic plat-

form showed about two-orders of magnitude improvement in sensitivity and

LoD compared to other portable platforms using commercial chemical testing

strips.

3.2 Material and methods

3.2.1 Plasmonic nanohole sensor

Norland Optical Adhesive 61 (NOA 61) was used as a UV curable polymer

in this dissertation. NOA 61 is a transparent liquid photopolymer, which

can be cured by ultraviolet light with maximum absorption within the range
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of 320∼380 nm with peak sensitivity around 365 nm. Optically transparent

and flexible polyethylene terephthalate (PET) film with the thickness of 250

µm was used as the substrate for the UV curing nanoreplica process. The UV

curing process was done by Dymax 2000-EC UV curing flood lamp, which

was designed to effectively limit output energy to longwave (UVA) for general

purpose, low-intensity curing of UV adhesives, coatings, and inks.

Before the nanoreplica process, a glass master mode with nano-cone ar-

rays was first immersed into dimethyldichlorosilane (Si(CH3)2Cl2) solution

for 30 minutes. The periodicity, height and width of the nano-cone are 350,

500 and 200 nm separately. The mold was then rinsed with DI water and

ethanol to form a monolayer of saline on the surface. The hydrophobic saline

surface helps the removal of UV-curable polymer (NOA-61) and ensures the

validity of pattern transfer. After evenly spreading ∼10 µL UV-curable poly-

mer on the nano-cone surface, constant UV light with power density of 105

mW/cm2 was applied to the substrate for solidification. An E-beam evapo-

ration system was used after replication for metal deposition on the polymer

nanostructure. The deposition was performed in a sequence of Ti (9 nm)

and Au (90 nm) with rate controlled at 1 Å/s to ensure uniformity. The

nanostructure of nanoLCA is shown in Fig. 3.1a.

3.2.2 Glycerol

Glycerol (Sigma-Aldrich, for molecular biology, >99%) was used for measur-

ing the resonance peak shift with the change of surrounding material due to

its stable refractive index change with the solution concentration.

3.2.3 Coomassie (Bradford) protein assay reagent kit

In order to measure the concentration level of BSA, the Coomassie protein as-

say reagent kit (Thermo Scientific) was used. The Coomassie Protein Assay

Kit is a quick and ready-to-use colorimetric method for total protein quanti-

tation which was modified from the well-known Bradford Coomassie-binding.

When Coomassie dye binds protein in an acidic medium, an immediate shift

in absorption maximum occurs from 465 nm to 595 nm with a concomitant

color change from brown to blue. It can be performed in either test tube
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or microplate format. Protein concentrations are estimated by reference to

absorbance obtained for a series of standard protein dilutions, which are

assayed alongside the unknown samples.

3.2.4 BSA

Bovine Serum Albumin (BSA, Sigma-Aldrich, lyophilized powder, >96%)

was dissolve in the DI water to simulate different levels of concentration for

total protein testing.

3.2.5 Artificial urine sample

Urinalysis simulated urine kit was used to perform the practicality of sensing

system for biological testing. The kit contains four different testing samples,

which are labeled as control, patient A, patient B and patient C. Control was

used as the reference to compare with three other samples, which had certain

specific molecules exceeding the normal human body concentration. Patient

A, B and C referred to glucose, protein and calcium under abnormally high

concentration level, respectively.

3.2.6 Microplate reader

The Biotek Synergy HT microplate reader was used to prove the capability

of the plasmonic nanohole sensor on self-referenced sensing. The Synergy

HT Multi-detection reader is a robotic-compatible microplate reader that

can measure absorbance, fluorescence, and luminescence.

3.2.7 Bradford array preparation

Standard microplate protocol was used for preparation. For the protein con-

centration within the range of 100∼1500 µg/mL, 5 µL of each sample was

added into the appropriate microplate wells. The 250 µL of the Coomassie

Reagent was then added to each well and mixed with plate shaker for 30

seconds. If the protein concentration was low (in the range of 1∼25 µg/mL),

150 µL of each sample was added to microplate wells, followed by 150 µL
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of the Coomassie Reagent. After shaking for 30 seconds, all of the samples

were incubated for 10 minutes at room temperature for the most consistent

results.

3.2.8 Absorbance measurement with microplate reader

Absorbance spectrum (400∼800 nm) was measured for Bradford assay with

and without nanoLCA substrate for comparison. The standard protein solu-

tion set prepared as reference has a concentration range of 0.001∼4 mg/mL.

Absorbance at 595 nm was also measured for prepared assay with and with-

out nanoLCA.

3.2.9 Smartphone platform setup

A portable platform was made for smartphone colorimetric sensing. Flat-

surface white LED background was used to illuminate the sample area, as-

sisting a camera at the top of the platform to capture uniform transmission

image (see Fig. 3.1b). The testing sample was injected inside a PDMS (poly-

dimethylsiloxane) micro-cavity embedded with a nanoLCA substrate at the

bottom. The whole plasmonic device was supported by a piece of glass

slide, which helped to remove/insert easily to the portable platform. Stan-

dard square color patterns (red (255,0,0), green (0,255,0) and blue (0,0,255))

were printed around the PDMS micro-cavity for color calibration. In order

to block light underneath from transmitting the whole glass slide, a plastic

sheet with printed black except the sensing and calibration regions was used

to eliminate the interference of transmission light from the region besides

sensing area. The glass slide with a sample was inserted through a sample

slot at the side of the portable platform. The top of the platform could be

adjusted horizontally in the X-Y plane while the height of the smartphone

could also be adjustable to fit the focal length (see Fig. 3.1c).

An iOS application was used for capturing the transmission image from

smartphone device. The application enabled the controllability on the values

of camera settings as ISO, exposure time, white balance and gain factor,

which helped to provide a consistent exposure condition in image analysis.

The parameters for portable platform sensing were set as: ISO = 100; S
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(exposure time) = 1/30 s; Gain = 1.5; white balance = 5100 K.

3.2.10 Numerical simulation

The electro-magnetic field distribution was analyzed by FDTD software from

Lumerical Solutions, Inc. A TM polarized electromagnetic wave was set to

propagate normal to substrate and the boundary condition was set periodic

along x and y directions. The maximum mesh size around the metal particles

was set 1.5 nm.

3.2.11 Image analysis method

Intensity of red (R), green (G), blue (B) channels was retrieved separately

from the transmission image. The RGB values from tested sample were

calibrated according to the standard RGB transmission images next to the

sample. These standard RGB transmission images were only used to calibrate

their corresponding channel.

3.3 Results and discussion

3.3.1 Portable colorimetric sensing using refractive index
change

Due to plasmon-molecule interaction and increase in polarizability of the

plasmons, a red shift in resonance peak is expected with the increase of re-

fractive index of surrounding medium [8], [57] (see Fig. 3.2a). The resonance

peaks in the transmission spectrum of the plasmonic sensor are mainly due

to the surface plasmon polariton-Bloch wave (SPP-BW) mode [59], [60], [61]

and localized surface plasmon resonance (LSPR) from the Mie scattering

model [62], which has been discussed in our previous work [8], [57]. To char-

acterize the performance (sensitivity) of the nanoLCA device on the portable

platform, glycerol solutions with different concentrations (0%, 10%, 20%,

30%, 40%) were used to map surrounding refractive index range from 1.333

to 1.384 (expected range of typical biological fluids at low concentration).
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The images taken from smartphone showed a color change to more bluish

with the increase in glycerol concentration (see Fig. 3.2b). The RGB color

space method was used here instead of HSV since HSV was applicable for

a single peak wavelength shift device under a uniform light source; while

neither the devices transmission spectrum nor the LED light source spec-

trum was so ideal in our case. The RGB channels were normalized accord-

ing to the standard RGB color patterns captured on the same image. The

equation for normalization (red channel for example) could be expressed as:

Rnorm =
Rsample

Rredpattern×255
. In order to cancel out the variation of light source

intensity in every image, one more step normalization was performed as:

R′norm = Rnorm√
R2

norm+G2
norm+B2

norm

×
√

3× 2552. This method acted as an internal

reference and circumvented any effect of variation in light source intensity,

type of light source, Bayer filter algorithm, and sensitivity of camera to in-

coming light on the acquired images. This portable platform showed good

linear correlation with different concentrations of glycerol in RGB channels

(see Fig. 3.2c). The normalized color intensity in RGB channels was mainly

affected by light source spectrum, transmission spectrum of nanoLCA sub-

strate and spectral sensitivity of RGB channels in the camera. Although blue

channel displayed highest intensity owing to the sharp dominant peak at 450

nm from white LED (see Fig. 3.2d), the smallest amount of change was found

because of relatively small change at the blue region in nanoLCAs transmis-

sion spectrum. The red channel should be most sensitive from the aspect of

transmission spectrum, but the green channel actually showed highest sen-

sitivity. The combination of the red shift of the transmission spectrum and

red channel sensitivity should lead to an increase in red channel intensity,

but it contradicted with the decrease in the red region from light source. The

green channel, instead, showed a decrease trend in both spectral sensitivity

and light source with the red shift in transmission spectrum, which made it

the most sensitive channel for characterization.

3.3.2 Portable colorimetric sensing using absorbance
enhancement

Firstly, absorbance enhancement of nanoLCA was verified with Bradford

assay and BSAs on a microplate reader. Since the bound dye to protein in
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Bradford assay has an absorption spectrum maximum at 595 nm, wavelength

was fixed at 595 nm in the microplate reader to compare the absorbance with

and without nanoLCA. The absorbance without nanoLCA shows its LoD

(Limit of Detection) for BSA quantization at 0.1 mg/mL while the LoD with

nanoLCA can achieve 0.001 mg/mL, which is 100 times more sensitive [63]

(see Figs. 3.3a and 3.3b). It was already illustrated the transmission spec-

trum of nanoLCA with solution media showed a dominant peak at around

600 nm (see Fig. 3.2a). The absorbance enhancement is mainly due to

this plasmonic resonance wavelength of nanoLCA in transmission spectrum

matching with the absorbance peak wavelength of the bound dye in Bradford

assay (595 nm in this case) [58]. The enhanced localized electrical field at

resonance wavelength facilitates the additional light absorption of the bound

dye.

Since the absorbance spectrum has its peak wavelength in red region, white

LED with low red intensity is not a suitable light source. Another light

source (halogen light) from Princeton Instrument with the peak around 600

nm was used to achieve higher image intensity (see Fig. 3.2d). The red

channel should be the most sensitive channel and will be proportional to the

concentration. So the intensity change of the red channel was applied to the

image analysis on the portable colorimetric sensing platform. Bradford assay

with BSA was added separately to the micro-fluid chamber on the portable

platform, from 100 ng/mL to 10 mg/mL. The volume of micro-fluid chamber

is only 20 µL, which is much smaller than the volume in 96-well plate (255 or

300 µL). The intensity of the channel was retrieved from an image taken by

a smartphone and normalized (calibrated) using the standard color patterns

around the sample area. Intensity of the red channel was normalized only

with the standard red color pattern since the standard green and blue pattern

show much less intensity, which is not stable and may cause larger error due

to the noise. Normalized intensity of the red channel was scaled two times

larger to enhance comparison and displayed in gray image (see Fig. 3.3c). It

showed a linear correlation with the concentration in logarithmic scale (see

Fig. 3.3d). The coefficient of determination (R2) was 0.97. The intensity

of red channel decreased with the increase of BSA concentration because of

the higher absorbance in red color region. The LoD obtained in the imaging

processing method was close to 0.01 mg/mL, which was larger than that

obtained from the microplate reader. This is probably either due to higher
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sensitivity of the optical sensor in bulk instrument or the shorter optical

path compared with 96-well plate. The shorter optical path leads to much

smaller change in transmission according to the Beer-Lambert law which

illustrates an exponential relation between transmission and optical depth.

In the comparison with the case without nanoLCA, it was demonstrated that

higher sensitivity and better linearity can be achieved with nanoLCA (see

Fig. 3.4). Compared with commercial protein testing strips which normally

showed LoD at 0.3 mg/mL and sensitivity at 1 mg/mL, enhancement at

about 30 times in LoD and 100 times in sensitivity was achieved on our

portable sensing platform.

3.3.3 Application for urine testing

Protein concentration measurement in urine is often used as a criterion to

identify proteinuria, a disease caused by kidney failure [64]. Four samples

from artificial urine were used to simulate the identification of such kidney

disease by a self-referenced portable sensing platform. These four samples

indicate abnormal glucose, protein, calcium and reference, respectively. All of

them were combined with Bradford assay using high concentration protocol

and tested with the same procedure as described above. The intensity of red

channel from the sample image was calibrated according to the standard red

color pattern and scaled four times larger in gray scale to enhance comparison

(see Fig. 3.5a). The retrieved color intensity from sample B looks darker than

other samples. The normalized intensity from sample B is much smaller than

other samples, indicating that sample B has a higher concentration of protein

(see Fig. 3.5b). Therefore, this portable colorimetric platform provided a

solution for quick diagnosis of kidney failure related diseases.

3.4 Conclusion

In summary, a self-referenced portable colorimetric sensing platform has been

demonstrated. The system works on the principle of refractive index change

and absorbance enhancement. In refractive index sensing application, char-

acterization of sensor substrate was made using an image processing method

by self-referenced normalization. The effect of the light source and spectral
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sensitivity on intensity change was analyzed. It was shown that the most

sensitive channel satisfies the same tendency in both light source and spec-

tral sensitivity with a resonance peak shift in the transmission spectrum. In

the case of absorbance enhancement application, Bradford assay was used to

quantify protein concentration due to the match of absorbance peak wave-

length of the dye with plasmonic resonant wavelength, where an electric

field with a higher intensity near the substrate surface facilitated light ab-

sorption. Improvement of about 30 times in LoD and 100 times in sensitivity

was achieved compared to other commercial protein testing strips. The urine

test was then performed to show the ability of our platform to diagnose kid-

ney failure by identifying protein concentration at an abnormal level. Our

platform also showed potential and capability to adapt different light sources

to target analytes with different absorption spectra for colorimetric sensing.

3.5 Figures

Figure 3.1: Smartphone based portable colorimetric sensing platform. (a) SEM
image of nanoLCA. (b) Schematic of internal optical detection system setup. (c)
Real image of optical detection setup.
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Figure 3.2: Sensing using refractive index change. (a) Normalized transmission
spectrum of air, water and oil from nanoLCA. (b) Images taken from glycerol at
different concentrations (10% ∼ 40%) on nanoLCA substrate from current optical
platform. (c) Normalized intensity change of RGB channels with refractive index
change when white LED was used as background light source. (d) Normalized
spectrum of white LED and light source from Princeton Instrument. (The dashed
blue curve was spectrum of white LED while the dashed orange curve was spectrum
of light source from Princeton Instrument.) RGB spectral sensitivity (solid curve).

Figure 3.3: Sensing using absorbance enhancement. (a) Limit of detection with-
out nanoLCA in terms of absorbance at 595 nm. (b) Limit of detection with
nanoLCA in terms of absorbance at 595 nm. (c) Bradford assay test of BSA at
varies concentrations (100 ng/mL ∼ 10 mg/mL) and corresponding intensity of
red channel in gray scale. (d) Normalized intensity of red channel with the change
of BSA concentration.
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Figure 3.4: The comparison between cases with and without nanoLCA for protein
(BSA) quantification on portable platform. Maximum intensity was normalized
within these two cases. Results with nanoLCA showed higher sensitivity and better
linearity.

Figure 3.5: Urine sample testing. (a) Color images taken for urine sample testing
and corresponding intensity (×4) of red channel in gray scale. (b) Bar chart of
normalized intensity in red channel for different urine samples.
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CHAPTER 4

SMARTPHONE BASED
ELECTROCHEMICAL IONIC SENSOR

FOR NITRATE QUANTIFICATION

4.1 Introduction

This chapter describes a portable platform with miniaturized three-electrode

systems to do nitrate ion quantification. The novelty of this platform is the

miniaturized sensor integration and the frequency modulation mechanism

used for sensing through an audio jack. The motivation of portable nitrate

sensing was first introduced, followed by specific experimental methods. The

results were discussed in the last section.

Even though nitrogen is a vital part of living organisms such as amino

acids, proteins and nucleic acids (DNA), excessive nitrogen has adverse health

and environmental impact [65]. In the United States, the Environmental Pro-

tection Association (EPA) regulates the maximum allowable contamination

level for nitrate as nitrogen (NO3 –N) to be 10 ppm (10mg/L) so as to pre-

vent adverse health effects on population. Nitrite (NO2
– ), a reduced form

of nitrate, is also a major cause of poisoning in fish and is toxic to human

health as well. Therefore, the effective and accurate detection of nitrate

concentration has become significant and necessary.

Currently citizens are not equipped to detect invisible contaminants in

water as it requires specialized instrument, a certain level of expertise and

is associated with high cost (equipment and chemicals) to measure them.

In addition to the general public, people such as environmentalists, tourists

and farm owners are often likely to determine the water contamination. So

an easy-to-operate, low-cost and portable platform for nitrate detection is an

unmet need. Moreover, a nitrate sensor operated by a mobile phone platform

will be quite helpful in achieving mapped information of contaminants, since

such information come with location and temperature information. Also, this

data can be sent to a social platform normally connected to a cloud server
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for wider dissemination.

Many existing methods, such as spectroscopic, chromatography, capillary

electrophoresis and electrochemistry, are available to determine nitrate con-

centration [66]. The spectroscopic method is broadly used for nitrate deter-

mination, mainly using UV/Vis or fluorimetric emission [67]. This method

normally involves the use of chemical reactions like Griess reaction to form

highly fluorescent compounds to be compared and measured using a spec-

trophotometer [68–70]. The detection limit achievable by this method is in

between 0.28 ppb and 28 ppb [66]. But multiple reaction steps make this

method time consuming; also the instrument for fluorescence spectroscopic

detection is not accessible to common citizens. Chromatography method,

either gas chromatography or ion chromatography, is also commonly used in

laboratory set-up [71–74]. Although the process is accurate, some experiment

requirements like high pressure for HPLC (high-pressure liquid chromatog-

raphy) and long column (200 mm) [72] makes it difficult to be miniatur-

ized. The flow rate control of mobile phase is also sensitive to vibration or

trembling and hence unsuitable for a portable device. Further, due to the

associated high cost and large form factor, it is unlikely to be adopted by

regular citizen for routine nitrate measurements. For capillary electrophore-

sis method, the column used is even longer and the set up for fluorescence

detection is complicated [75], [76].

Compared with other methods, electrochemistry method is relatively easy

to operate and can be transformed to a portable platform [66]. In elec-

trochemical methods, due to the application of voltage potential between

reference and working electrodes, oxidation or reduction of electro-active

species happens [77]. Cyclic voltammetry is a popular method often used

in electrochemistry systems [65], [78], [79] because of its ease of data in-

terpretation. Miniaturized or microscale electrodes along with microfluidic

integration greatly reduce the required liquid sample volume and will make

the whole package portable [80].

Here we presented a lab-on-a-chip mobile sensing system (MoboSens),

which includes a miniaturized electrochemical sensor, mobile phone plat-

form (mobile phone application and controlling circuit) to control the sensor

and microfluidics to handle the liquid samples. The use of a miniaturized

electrode has several advantages such as low ohmic drop, low capacitive cur-

rent, small time constant and fast mass transport [1], [81]. A user-friendly
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mobile application interface is developed which enables a simple and easy-

to-use testing procedure. Due to its lightweight (∼65 g) and small form

factor, the whole system is portable. Unlike some smartphone-based sensing

platforms developed previously [82], [83], our platform makes use of audio

jack as the sensing interface instead of camera. The embedded camera on

smartphone enables people to do image or spectrum analysis in the mobile

application [13], [14], [17], [84], but the application is limited only to re-

trieving signal. The use of an audio jack can break through this one-way

communication by setting a mechanism which will both send and retrieve

signals, just like the way people listen to the music and record a voice. The

use of micro-USB interface to perform electrochemical testing was made pre-

viously, but this could not achieve cross-platform testing easily because of

the different protocol for different smartphones like Samsung (Android sys-

tem) and iPhone (iOS system) [19]. In addition, an audio jack has been

used to generate voltage excitation signal for electrochemiluminescence de-

tection [32]. However, it suffers from cross-platform compatibility problems

since the voltage value generated from an audio jack varies among different

phones. Instead, what we generated and received from the audio jack is not

the volume of sound but the tone frequency, which can break through this

cross-platform limitation. This enables us to do different electrochemical

testing by generating smooth waveforms. Recently, the audio jack was also

used to send control signals from a phone to an external integrated potentio-

stat to perform different electrochemical tests [20]. In contrast, by making

use of the CPU, ADC and DAC from the phone itself, instead of external

electronic components, we are able to minimize the form factor and cost (∼
$10) of our package to achieve one handheld platform to do electrochemical

testing. Currently, the smartphone-based system is designed for nitrate con-

centration measurement. Further development of the sensor is underway to

include detection of other ions like phosphate or microbial contaminants like

bacteria [85].
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4.2 Material and methods

4.2.1 Design of MoboSens system

The schematic model of MoboSens is shown in Fig. 4.1a and Fig. 4.1b. A

photograph of the complete package of MoboSens including the microfluidics,

mobile apps and the controlling circuits is shown in Fig. 4.1c. Due to its

uniformity in design and availability in all mobile phones, we decided to use

the audio jack for the electrical signal input and output of the MoboSens

system (instead of the USB port). Figure 4.2 shows the component level

description of the MoboSens system. The sequence of events during the

detection of nitrate using MoboSens are as follows: the sweep voltage required

for driving the nitrate electrochemical sensor is first generated by the speaker

D/A module in the mobile phone. The output voltage from the sensor is

simultaneously retrieved by the A/D module embedded in microphone. In

order to achieve frequency match between mobile phone and nitrate sensor,

a circuit board with modulation and demodulation components is added to

the MoboSens system.

A software platform in mobile phone is developed to drive and retrieve

the data from the nitrate sensor. There is an option to perform real-time

calibration or to use stored calibration curve for the nitrate measurements.

The calibration measurements are performed using standard nitrate solutions

with different concentrations. Finally, after measurements of the nitrate con-

centration of field water samples, the results can be shared (on social network

like Twitter) or stored in remote server (for example, cloud server) for fur-

ther analysis along with the information of geographical location (latitude

and longitude), temperature and user inputs (meta data). The schematic of

the entire system is shown in Fig. 4.2.

4.2.2 Sensor microfabrication

The miniaturized nitrate sensor is fabricated on glass substrate. The layout

and image of sensor are shown in Fig. 4.3a and Fig. 4.3b. The electrodes

are designed in a circular fashion to enable uniformity in the current flow

in the electrochemical system. The surface area of counter, working and

reference electrode are 9.05 × 10−4 cm2, 7.05 × 10−4 cm2 and 3.47 × 10−4
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cm2, respectively. The area of counter electrode is designed to be the largest

for preventing oxygen-bubble formation on its surface due to hydroxide oxi-

dation at high current density [81]. The schematic of fabrication process is

described in detail in Fig. 4.3c. We first patterned the counter electrode by

optical lithography and deposited 200 nm gold by electron beam (e-beam)

evaporation. After lifting off with acetone, the gold inside counter electrode

region will be left. With the same method another layer of silver (200 nm)

is fabricated as reference and working electrodes. Ag/AgCl is usually used

as reference electrode, but it may also provide chloride contamination dur-

ing nitrate detection. Instead, silver is used as reference electrode due to its

simplicity in fabrication and sufficient stable potential in 0.1 M NaOH elec-

trolyte [81]. It has been reported that silver has high sensitivity for reducing

nitrate ions in alkaline environment [86], [87]. Although copper electrode also

shows this good property in acidic solution [88], [89], it was found to dissolve

during the reduction of nitrate [88]. That is why we chose silver as the work-

ing electrode here. For better adhesion on glass, one layer of titanium (20

nm) instead of chromium was deposited before gold and silver evaporation

because chromium adhesion layer severely corrode during electrochemical ac-

tivation process [81]. In order to minimize uncompensated resistance (Ru)

between reference and working electrodes, these two electrodes are kept at

close distance (10 µm) to increase accuracy. As an advantage of miniaturized

electrode, this will directly result in much smaller cell time constant, which

is the product of Ru and double-layer capacitance (Cd). A smaller cell time

constant leads to the lower limit of experimental time scale.

4.2.3 Cyclic voltammetry method

The cyclic voltammetry method is used to obtain the reduction/oxidation

reaction in the electrochemical system. The voltage sweeping range available

for MoboSens is -1.6 V ∼ +1.5 V. Sodium hydroxide (NaOH) is used as

electrolyte and sodium nitrate with different concentrations is added to the

electrolyte for testing. The concentration of electrolyte (NaOH) is made to

be 100 mM to eliminate the contribution of migration to the mass transfer

of electro active species. The potential of hydrogen evolution will also be

pushed to a more negative value at such an alkaline environment [90]. The
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electrodes are first activated by sweeping the potential from -1.5 V to 1.0 V

for 20 cycles (scan rate 1 V/s) with final potential at -1.5 V. This activation

process will remove the possible oxidation layer at the surface of working

electrode [82], [83], [91]. In order to avoid oxidation of silver working electrode

and to make nitrate reduction happen, the sweeping voltage between working

and reference electrode is chosen from 0 V to -1.5 V with a sweeping rate

of 100 mV/s for cyclic voltammetry testing. This sweeping rate guarantees

only 30 seconds for one cycle measurement without severe distortion which

normally occurs at high sweeping rates due to an extra charging current from

double-layer capacitance. We start from the cathodic sweeping because the

reversal process is always less precise by referencing forward process which

is uncertain in folded faradaic response [1]. The reduction peak of nitrate

will be detected when sweeping toward -1.5 V. The whole testing involved

four cycles and the data from the fourth cycle was used for calculation as the

reduction peaks were stabilized in roughly three cycles.

4.2.4 Design of circuit board

Since there is a frequency limitation (which must be greater than 20 Hz)

for input and output signals from both mobile phone audio jacks and micro-

phones, a sine wave at constant amplitude with frequency increasing from

5300 Hz to 7600 Hz and decreasing from 7600 Hz to 5300 Hz is generated

from mobile phone audio jack. The 5300 Hz is corresponding to 0 V while

7600 Hz is corresponding to -1.5 V. A frequency demodulation module is

added to the circuit to convert frequency to voltage for sweeping voltage

detection. This frequency demodulation mechanism enables MoboSens to

break through the limitations of different types of smartphones without con-

sidering the different speaker volume settings. Since it is common to have

some drift within FM chips and resistors, a variation of the order of 25 mV

is expected when converting frequency values to voltages. The cyclic sweep-

ing voltage is then added to reference potential and the working electrode

is connected to ground which makes the input voltage between working and

reference electrode varying from 0 V to -1.5 V and back to 0 V. Although the

sweeping range could be -1.6 V ∼ +1.5 V, positive potential is avoided in case

of oxidation of the silver working electrode. Integrated operational amplifiers
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are used in circuit as potentiostat and a trans-impedance circuit is applied

to convert the current to voltage. Since the frequency of this output voltage

is low (which is below the detection limit of mobile phone microphone) and

the amplitude is higher than the detection limit of the microphone input,

a frequency modulation (FM) module is added to the circuit to convert the

sensing data to the signal with the allowed frequency range of the microphone

jack.

4.2.5 Software implementation

The software is operated on a Samsung make mobile phone with Windows

Phone 7.5 OS (Android and iOS applications have also been developed; here,

as an example, we describe Windows-based applications). The structure of

software application is provided in Fig. 4.4. There are three layers from

low to high, which are the basic functions provided by Microsoft, sensor API

(Application Programming Interface) and user interface. The sensor API is

the core of this platform, which packages functions provided by Microsoft

and is called by users commands. In the user interface, there are four basic

functions, namely, start, sensing, display and stop. The start function enables

the sweeping voltage to drive the nitrate sensor; it also provides library of

waveforms. The sensing function is mainly used to retrieve data from the

output of nitrate sensor, and to analyze data including FM demodulation,

down sampling and calibration. The display function is used for plotting the

results for visualization. The stop function can be used for terminating these

functions during operation.

4.2.6 Data processing

Since the raw data recorded by mobile phone platform is a series of square

waves at different frequencies from the FM integrated circuit (CD4046), av-

eraging of frequency data over a window is performed to obtain the raw

data. The FM property of CD4046 was first characterized. Then a calibra-

tion method is employed to transform the frequency values to voltage values.

The sampling rate of cellphone is 32000 bytes/s and each voltage value is

stored as a short integer, so 16000 data points are recorded each second. The
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output from CD4046 is a square wave with amplitude larger than 0.7 V, but

the input/output to the microphone inside Windows phone is limited to 200

mV (this value will differ for different make of phones). Hence, the recorded

wave is a truncated square wave with maximum and minimum values of +

32767 (215 for signed short integer with 16 bits) respectively. Frequency value

is calculated by counting the number of steps from maximum to minimum by

setting 1600 samples as one period. Calibration is performed to convert the

output frequency from the frequency modulation integrated circuit into volt-

age and finally to oxidation-reduction current using trans-impedance circuit.

Based on the frequency modulation module, the relation between current

and frequency follow equation:

Current(A) = (frequency × 0.5627 + 0.3552− 4.1)(V)/resistor(Ω) (4.1)

4.2.7 Sensor integration to mobile platform

The final packaging of the sensor is required for two reasons: portability

and easy handling. In order to fulfill portability, a small circuit box was

made attached with a light fixture frame fabricated using rapid prototyping

manufacturing process. The fixture mechanism will make the circuit box

stable when attached to a mobile phone. For ease in handling, a microfluidic

chamber made up of PDMS is used. The microfluidic chamber was made

hydrophilic by exposing it to oxygen plasma for 1 min and was bonded to

the active region of the electrochemical sensor on the glass slide. The volume

of the microfluidic chamber is about 7 µL. By virtue of the capillary design

of the test chamber, the sample liquid will be automatically dragged into

the microfluidic chamber by capillary action, when a sample is placed at the

sensor opening to perform testing.
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4.3 Results and discussion

4.3.1 Miniaturized nitrate sensor characterization

Nitrate reduction in alkaline media is either a two electrons (94%) or eight

electrons (6%) process as given below [78], [79]:

NO3
− + H2O + 2 e− = NO2

− + 2 OH− (4.2)

NO3
− + 6 H2O + 8 e− = NH3 + 9 OH− (4.3)

Standard testing samples with different nitrate concentrations from 100

µM (1.4 ppm NO3 –N) to 4000 µM (64 ppm NO3 –N) were first measured

by a commercial potentiostat (CHI600) with a sweeping rate of 100 mV/s.

The reduction current peaks were found around -1.35 V in Fig. 4.5a, which

shows a linear relationship with concentration. The fact that the peak poten-

tial is more negative compared with previous experiments from other research

groups [78], [79], [91], [92] can be attributed to more positive standard re-

duction potential of the reference electrode. This current peak is caused by

the reduction of nitrate since the peak value increases with the increase of

nitrate concentration. Since we used silver (Ag/Ag+) as our reference elec-

trode which acts as a pseudo reference electrode (not ideally nonpolarizable

electrode), it showed modest drift (about 20 mV) at higher concentration

of nitrate [81]. In order to quantify the effect of interference on nitrate de-

tection due to common soluble anions like chloride, carbonate, sulfate and

phosphate, the interfering ionic solution were mixed with the nitrate stan-

dard solution. Nitrate standard solution with a concentration of 250 µM was

mixed with chloride, carbonate, sulfate and phosphate at the same concen-

tration respectively. Figure 4.5b shows the similar location (-1.4 V ∼ -1.38

V) for nitrate reduction peak, with a coefficient of variation (CoV) of only

0.4%, which means the measurement is not interfered much by those interfer-

ence ions. The CoV is calculated by taking ratio of standard deviation and

the mean value. We found that the CoV for the magnitude of reduction peak

current is only 1.7%, which indicates the accuracy of the sensor for measur-

ing nitrate. This indicates the material of working electrode (Ag) and the
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strongly alkaline environment shows higher selectivity to nitrate reduction.

The effect of electrolyte concentration was characterized by mixing nitrate

standard solution of same concentration to the sodium hydroxide solution

at different concentrations. In Fig. 4.5c, the positions of nitrate reduction

current peak shifts from -1.35 V to -1.45 V while decreasing the concentra-

tion of sodium hydroxide from 0.1 M to 0.01 M. The main reason for such

shift could be due to the increase of uncompensated resistance (Ru) between

working and reference electrode as the electrolyte concentration is decreased

by ten times [1]. So we keep the electrolyte concentration at 0.1 M to keep

the reduction peak away from the sweep turning point (-1.5 V) for accuracy.

Different pH value may also has some effect on the potential shift. Since the

nitrate reduction process is irreversible [90], the peak potential where the

peak current is could be expressed in theory as [1]:

Ep = E0′ − RT

αF

[
0.780 + ln

(
D

1/2
O

k0

)
+ ln

(
αFv

RT

)1/2
]

(4.4)

where E0′ is the formal potential of an electrode; R is gas constant; T is

temperature; F is the Faraday constant; α is transfer coefficient; v is voltage

sweeping rate; DO is diffusion coefficient of oxidant; k0 is the standard het-

erogeneous rate constant. It has been reported that the diffusion coefficient

will increase with the decrease of pH value of the solution, especially with

significant slope at low and high pH environment [93]. This can help explain

the negative shift of peak potential shown in our experiments.

Further experiment was implemented to simulate the effect from soil water

at different pH levels. Standard pH solutions containing same amount of

nitrate varying from very strong acid (pH: 4.5 ∼ 5.0) to strongly alkaline

(pH: 8.5 ∼ 9.0) [94] were dragged separately into micro-fluid chamber where

sodium hydroxide solution at 0.1 M was pre-dried inside. Figure 4.5d shows

about 30 mV positive shift of peak potential as the pH value increases, which

indicates a wide coverage of MoboSens platform for soil water at different pH

levels.

The temperature effect was also determined by adding nitrate solution at 1

mM from environment under 45 ◦C, 22 ◦C and 4 ◦C respectively in Fig. 4.5e.

The coefficient of variation (CoV) is within 2%, which indicates temperature

has little effect on the nitrate reduction current peak position.
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Finally, repeatability of the miniaturized electrode was characterized by

running cyclic voltammetry 100 times in nitrate solution at 1 mM in Fig.

4.5f. The nitrate reduction peak current began to stabilize after the 4th

cycle. By analyzing data from the 5th, 40th and 80th cycle, the CoV was

found to be 1.5%, which indicates this platform could be used for repeatable

testing.

4.3.2 Measurement on MoboSens platform

Sodium nitrate solutions at different concentration (100 µM (1.4 ppm NO3 –N)

to 5 mM (70 ppm NO3 –N)) with 0.1 M NaOH electrolyte medium were tested

by the MoboSens platform. Figure 4.6a shows the recorded frequency chang-

ing with sweeping voltage. The frequency values were converted to voltage

first, by using the linear voltage to frequency relationship shown in Fig. 4.6b.

The current values were then calculated by dividing the resistance value of

the resistor where the current pass through and shown in Fig. 4.6c. During

the forward sweeping process (0 V to -1.5 V), there are current peaks which

occur at around -1.35 V ∼ -1.4 V. The magnitude of the reduction current

peaks is dependent on the concentration of nitrate present in the solution.

The position of the reduction peak shifts about 50 mV to more negative

value as the concentration of nitrate increases. This shift could be due to the

existence of uncompensated resistance (Ru). Unlike commercial potentiostat

which has a good control of E+ iRu between working and reference electrode

(E is the potential applied to working electrode); we controlled the true po-

tential applied on working electrode. The practical effect of uncompensated

resistance is to shift the reduction peak toward more negative potentials, es-

pecially in higher scan rate and higher concentration conditions which cause

larger reduction current [1]. The small wide peaks around -0.9 V could be

attributed to hydroxide desorption process on silver electrode [78], [95]. In

the anodic sweeping process, an anodic current peak occurs at around -1.25

V, which is due to the electro-chemisorption of hydroxide ions [92], [95].

The calibration curve is obtained from the current reduction peak values

after data processing in Fig. 4.6d. With linear fitting method, calibration

equation could be written as:

Current(A) = −4.851× 10−7Concentration(ppm)− 4.397× 10−5 (4.5)
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The relation between reduction current and concentration shows linearity

within the concentration range in 100 µM (1.4 ppm NO3 –N) ∼ 5 mM (70

ppm NO3 –N). The blue data points in Fig. 4.6d are measurement from stan-

dard nitrate solution while red data points are measurement from field water

samples provided by Department of Agriculture at University of Illinois. The

statistical error bar is based on four testing results using the same concentra-

tion. For the standard nitrate solution, samples with low concentration (∼2

ppm) show larger standard deviation compared with samples having higher

concentration of nitrate. Since there is always oxygen dissolved in solution,

the deviation from linearity could be due to oxygen reduction. This reaction

interferes with nitrate measurement by taking place at a more positive po-

tential than nitrate reduction [78], [90]. We anticipate this effect will be more

pronounced at lower concentration of nitrate (< 2 ppm), and hence, will not

challenge the reliability of sensor to measure nitrate at higher concentration

(> 2 ppm).

4.3.3 Field water sample testing

The field water samples are first filtered using a 0.1 µm Whatman filter pa-

per to remove the suspended particles. For comparison, the concentrations

of nitrogen in nitrate were measured by Dionex Ion Chromatography with a

detection limit of 0.08 ppm. Figure 4.6d shows nitrate concentration of field

water samples (red circle) measured by MoboSens platform and compared

them with the calibration curve obtained with nitrate standard solution (blue

square). The inset of Fig. 4.6d shows the comparison of MoboSens results

with that of Ion Chromatography measurement for the same field water sam-

ples. The measurements are within ±15% deviation at low concentration (2.2

ppm) and ±5% deviation at high concentration (22 ppm). This verifies the

ability of MoboSens platform to perform farm based field water testing.

4.3.4 Environmental water testing

In addition to the field water sample, MoboSens was utilized to measure ni-

trate concentration in environmental water samples. By adjusting the trans-

impedance from 20 kΩ to 100 kΩ, the detection limit could be pushed to
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more diluted nitrate solution (around 10 µM (0.14 ppm)). The principle of

trans-impedance is to convert current to voltage and voltage is converted to

frequency as mentioned earlier. This adjustment is to fit a lower concen-

tration range into a wide frequency range. Figure 4.7a shows the results of

standard nitrate solution with low concentration (less than 1.4 ppm). The

reduction current peaks are calibrated in Fig. 4.7b. Testing was then per-

formed for environmental water samples. These water samples were col-

lected from different sources like lakes, streams and local wells. The raw

data was processed with the method described in Section 4.2.6 and the peak

current was fitted into the calibration equation. To verify the accuracy of

measurement results obtained using this mobile sensor platform, methods

like cadmium reduction and ultraviolet (UV) absorption spectroscopy were

performed for comparison [90]. The cadmium reduction method was based

on the reduction of nitrate to nitrite on cadmium as a catalyst, followed by

Griess reaction to form a fluorescent chemical. Cadmium reduction method is

normally considered the gold standard for the detection of nitrate level. The

UV absorption spectroscopy method was performed by scanning wavelength

in a range from 190 nm to 450 nm. Nitrate concentration was calibrated

from the absorption spectrum at different concentrations. The comparison

of nitrate concentration of different water samples after calibration using the

three different methods is shown in Fig. 4.7b.

From the results, the coefficient of variation (CoV) of nitrate concentration

in crystal lake and lake of the woods with respect to cadmium reduction

method is 4.1% and 4.7%, respectively. The concentration of nitrate ion

tested by MoboSens from these two water sources is consistent with the

cadmium reduction method. Water from streams and bored wells shows much

lower concentration in MoboSens compared to other methods, especially a

large CoV with respect to cadmium method. The large CoV is attributed

to presence of nitrite in the sample as cadmium reduction methods convert

nitrite into nitrate first and then measure the total nitrogen. Above all, the

nitrate concentrations of all water samples were far below 10 ppm, which

satisfied the requirements for water safety prescribed by EPA.
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4.3.5 Network integration to the nitrate sensing

The application on a Windows phone is further developed to integrate the lo-

cation of testing (longitude and latitude) to the nitrate sensing and displayed

it on Bing maps. The temperature data is also included in the nitrate sens-

ing. The phone application also enables users to add any metadata (such as

user comments and graphics) along with the shared nitrate sensing informa-

tion provided by the user. The user has the option to send this sensing data

to social network sites such as Twitter for public dissemination or upload it

to a secure cloud server for further analysis. An example of the developed

phone application interface is given in Fig. 4.8. Figure 4.8a shows the main

page of application. Figure 4.8b displays a plot from a testing result. In the

interface showed in Fig. 4.8c, users will be able to send metadata along with

the testing results. Figure 4.8d shows the location of the performed test on

a Bing map. After sending metadata to Twitter, a message about nitrate

information could be seen posted on Twitter website, as showed in Fig. 4.8e.

Figure 4.8f shows the satellite view of the location where testing is performed

with nitrate information labeled.

4.4 Conclusion

In summary, we have demonstrated an audio jack-based mobile sensing sys-

tem for rapid and real-time nitrate concentration measurement. It contains

a microfabricated three-electrode sensor, a mobile application and a circuit

board developed for communicating with the sensor. The mobile sensing

platform was used to test nitrate ion in field water as well as environmen-

tal water samples and compared with existing analytical testing methods.

The mobile platform based sensing was found to be comparable with the

traditional sensing methodology. Finally, the measured concentration value,

location of testing site and metadata such as user inputs are communicated

and shared at social network websites and secured cloud server for further

analysis.
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4.5 Figures

Figure 4.1: Concept design and real package of MoboSens. (a) Assembly view
of MoboSens. (b) Detailed components of MoboSens. (c) Photograph showing the
complete MoboSens system.
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Figure 4.2: Schematic of operation of MoboSens system. (1) Signal with changing
frequency is generated from speaker to demodulation unit. (2) Signal was demod-
ulated to sweeping voltage for cyclic voltammetry testing. (3) The output current
from miniaturized sensor was transformed to voltage and sent to frequency modu-
lation unit. (4) Output signal from sensor was modulated to send to microphone.
(5) Recorded raw data was transformed to frequency and analyzed in memory. (6)
Frequency vs time plot was shown on mobile screen. (7) Analyzed results were sent
to social platform (like Twitter) and stored by cloud server. (8) Information from
cloud server or social platform could also be retrieved to smartphone for analysis.
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Figure 4.3: Sensor electrodes and fabrication process. (a) Schematic showing the
three-electrode electrochemical sensor utilized in the MoboSens. (b) Optical image
of the fabricated sensor electrodes. (c) Schematic showing the fabrication process
involving series of photolithography and lift off to fabricate the electrochemical
miniaturized sensor.

Figure 4.4: User interface and API structure. Four functions will be shown to
users in the user interface while API functions in lower level are well defined to
be called by the basic fourfunctions. D/A (play) and A/D (record) functions are
called by API functions whenever signal transmission is needed through audio jack.
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Figure 4.5: Characterization of miniaturized sensor. (a) Raw data and cali-
bration curve of standard nitrate solution (0.1 mM ∼ 4 mM) using commercial
potentiostat. The electrolyte (NaOH) concentration is 100 mM. (b) Effect of in-
terfering ions: separate tests were performed by mixing NaCl (0.25 mM), Na2CO3

(0.25 mM), Na2SO4 (0.25 mM) and Na3PO4 (0.25 mM) solution to nitrate stan-
dard solution of 0.25 mM. The electrolyte (NaOH) concentration is 100 mM. (c)
Effect of electrolyte concentration: cyclic voltammetry for 1 mM nitrate standard
solution at different electrolyte (NaOH) concentrations (pH value: 12 ∼ 13). (d)
Effect of pH of the test solution: cyclic voltammetry for 1 mM nitrate standard
solution at simulated soil water pH environment showing little effect of solution
pH on the reduction peak position. The electrolyte (NaOH) concentration is 100
mM. (e) Effect of temperature of the solution: 1 mM standard nitrate solution
was tested under different temperature with 100 mM electrolyte (NaOH). (f) Sta-
bility of sensor: cyclic voltammetry testing was performed for multiple times (100
times). The sweeping rate for cyclic voltammetry method above is 100 mV/s.
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Figure 4.6: Measuring nitrate using MoboSens. (a) Raw data from MoboSens
platform as frequency values. (b) Calibration curve of CD4046 to convert frequency
values to voltage. (c) Cyclic voltammetry testing of standard nitrate solution at
0.1∼5 mM (1.4∼70 ppm NO3 –N) using MoboSens platform at a scan rate of
100 mV/s. (d) Measurement of nitrate concentration in field water sample using
MoboSens platform. For comparison, the field sample data are shown directly
on the calibration curve obtained from standard nitrate solution shown in (c).
Inset of (d) is the MoboSens deviation from ion chromatography data by fitting
experimental data into calibration curve. The electrolyte (NaOH) concentration
is 100 mM.

Figure 4.7: Limit of detection of MoboSens platform. (a) Cyclic voltammetry
testing for standard nitrate solution at sub-ppm concentration using MoboSens
platform at a scan rate of 100 mV/s. (b) Comparison of different analytical
methods to measure nitrate concentration in environmental water sample. The
electrolyte (NaOH) concentration is 100 mM.
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Figure 4.8: User interface and network connection of MoboSens app. (a) Front
page of the app. (b) Testing results plotted on the phone screen. (c) Interface
showing the ability to input user metadata, along with the ability to pull publicly
available data (e.g. USGS weather data) and showing them in one map. (d) Bing
map interface with the current location of experiment shown on the map. (e)
Message posted on Twitter website through the MoboSens platform. (f) Satellite
view of recently posted data.

50



CHAPTER 5

SMARTPHONE BASED IMPEDANCE
SENSOR FOR PRE-CONCENTRATED

BACTERIA MEASUREMENT

5.1 Introduction

This chapter demonstrates a novel impedance sensor to quantify Escherichia

Coli (E. coli) with two-layer filtering structure which pre-concentrates target

bacteria. The portable system was achieved by Bluetooth communicating

with a smartphone.

With the improving life quality in many developed and developing coun-

tries, citizens are more concerned about food and water safety [96] and ea-

ger to know whether their drinking water or food are contaminated by ni-

trate [90], harmful bacteria [97] or heavy metal ions [98]. Some species of E.

coli and Salmonella bacteria have been known to have caused serious food and

water contamination issues which can severely threaten civilians health con-

ditions [99]. In order to quantify the amount of bacteria quickly, researchers

have developed fluorescence detection techniques and DNA-biosensors to

count E. coli [100] for various bacteria detections. However, fluorescence de-

tection needs dye labeling [101] which requires high expense and professional

training for operation. DNA-biosensor is also required to perform Polymerase

chain reaction (PCR) as the first step [102] which is a complicated procedure

in need of complicated facilities. So researchers also invented a series of label-

free detection methods including quartz crystal microbalance (QCM) [103],

microfluidic [104] and electrochemical methods [97]. Some of the techniques

can detect the bacteria rapidly and accurately, however most of these detec-

tion methods have to be performed in specialized laboratory environments

with the assistance of sophisticated equipment. Among these detection tech-

niques, the electrochemical impedance spectroscopy (EIS) method is able to

elucidate the electronic and physical properties of electrochemical systems

including diffusion coefficients, adsorption mechanisms, capacitances, charge
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transfer resistances, and electron transfer rate constants. Due to its suffi-

cient sensitivity, simplicity and cost-effectiveness, it has been increasingly

applied in bio-sensing with numerous methods in the past few years [105]. It

has also been implemented as a label-free detection tool for quantification of

bacteria with minimal sample preparations [106]. Additionally, by coating

the electrodes with different antibodies, people used EIS method to detect

different pathogens like E. coli O157 [107]. However, high limit of detection

and low sensitivity have prevented the application of EIS from being used

practically in-field as a bacteria sensor. Meanwhile, microfluidic chips based

measurement platforms which are affordable, portable and accessible to the

public [108] have not been developed yet. Fortunately, as the smartphone is

becoming more popular in our daily life, researchers have started to explore

for the possibilities to make use of this powerful and portable platform for

biological sensing.

In 2012, the smartphone is becoming more prevalent in the U.S. mar-

ket with 115.8 million users accounting for ∼37% of the U.S. population,

expected to rise to ∼61% by 2016. With the integration of GPS [109],

powerful CPU, touch-screen displays, internet connection capability, and in-

telligent operating system [110], smartphones are able to provide extensive

user-friendly services. Affordable smartphone peripheral devices with sensing

capabilities will immensely help citizens to learn more environmental infor-

mation like air and water quality at any location and at anytime [111], [112].

Bacteria sensing information collected by the phones can also be transmitted

to cloud computing sites through 3G/4G networks for further data process-

ing and establishing a participatory water-borne bacteria sensing map on the

internet for information broadcasting.

In this chapter, we report the design, fabrication and integration of a

low-cost, handheld, and sensitive microfluidic EIS bacteria pre-concentrator

and sensor based on a smartphone through wireless connection. It enables

smartphone users to detect the density of as low as 10 E. coli cells per

milliliter of water. Our integrated microfluidic sensor has interdigitated sens-

ing electrodes on micro-hole array silicon substrate and a sensing microfluidic

chamber bounded by a nano-porous filter paper which is also used to pre-

concentrate bacteria in sample solutions. A specifically designed impedance

network analyzer chip with a microcontroller together performs EIS mea-

surement and analysis. An Android application program (App) has been
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developed to enable recording and visualization of testing results as well as

control of the sensor electronics. The real-time measurement data will be

transmitted to a smartphone by a Bluetooth circuit module.

5.2 Materials and methods

5.2.1 Principle and design

The principle of our miniaturized bacteria sensor is EIS theory which has been

developed and applied in bacteria quantification [107], [113], [114] for more

than a decade. According to the Randles model, the equivalent circuit in-

cludes ohmic resistance (Rs) of electrolyte, Warburg impedance (Zw) resulted

by the diffusion of ions from bulk electrolyte to the interdigitated electrodes,

electron-transfer resistance (Ret) and double-layer capacitance (Cdl) shown

in Fig. 5.1a. Rs and Zw represent the features of the electrolyte solution dif-

fusion at the probe, while Cdl and Ret depend on the insulating and dielectric

properties at the interface of electrolyte and electrodes and are affected by

the property change occurring at the electrode interface. The distribution

of bacterial cells between the interdigitated electrodes affects the interfacial

electron-transfer kinetics thereby increase or decrease the electron-transfer

conductivity in electrolyte environment. Ret, the electron transfer resistance

is a parameter that can be observed at higher frequencies corresponding to

the electron-transfer-limited process and can be measured as the diameter

of the semicircle portion in the Nyquist plot in Fig. 5.1b. The intercept of

the semicircle with the Zre or the real axis at high frequency is equal to Rs.

The linear part in Fig. 5.1b, which is the characteristic at lower frequencies,

represents the diffusion-limited processes.

The design of multi-stage filtering is comprised of one layer of silicon chip

having a large array of through holes with diameter of 10 microns and one

layer of nano-porous filter paper with submicron pore size. Figure 5.1c shows

the cross-sectional view of the integrated bacteria sensor. When the sample

solution containing bacteria is injected from the bottom inlet, large parti-

cles in the solution will be blocked by the silicon filter while bacteria of

our interest can go through the 10-micron-in-diameter silicon holes and are

then blocked by the nanoporous filter, staying in the microfluidic sensing
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chamber. The pre-concentrated bacterial cells distributed around the inter-

digitated electrodes are subject to impedance sensing. The entire integrated

components are packaged by Polydimethylsiloxane (PDMS) material. Fig-

ure 5.1d shows the concept design of our packaged device. Users can take a

certain amount of suspicious water sample which may contain bacteria into

a syringe, and then inject the liquid through the channel as shown in Fig.

5.2a. Since all the bacteria are blocked by the filter and only 30 µL of liq-

uid remains as a result of our geometric design, this sensor package allows

users to pre-concentrate the bacteria solution before the measurement. The

capacities of most standard syringes range from 1 mL to 60 mL, so we can

pre-concentrate the bacteria by 10 to 2000 folds after excess liquid leaves the

chamber from the outlet. Thus, our detection limit can be improved to as

low as 10 bacterial cell per milliliter. The actual miniaturized bacteria sensor

package is as large as one US quarter-dollar coin as shown in Fig. 5.2b.

5.2.2 Wireless system for sensor

A schematic diagram illustrating the main components of the wireless system

is shown in Fig. 5.2c. Our wireless sensor system has been designed appli-

cable for most of Bluetooth transceiver as well as for Android phones. Our

system includes an Android cellphone (HTC ONE X), a Bluetooth shield

(Seed SLD63030P), a micro controller (Arduino), a chip for impedance con-

verter network analyzer (AD 5933), and our packaged sensor.

An Android App has been developed for users to set the start/end frequen-

cies and the frequency sweeping step size in impedance analysis. The Con-

nect button allows the cellphone to connect the sensor through Bluetooth.

The benefits of Bluetooth connectivity include efficient power consumption of

less than 10 mW [115] and standardization for smartphones and computers.

Then Arduino microprocessor board generates corresponding commands ac-

cording to the input parameters from the smartphone and asks the AD 5933

chip to send out sinusoidal signals to the bacteria sensor. Depending on

the concentration of the bacteria, the corresponding signals acquired by the

AD 5933 chip is sent back to the smartphone through the Arduino board

and the Bluetooth shield. After this process completes, the smartphone App

plots the impedance value with respect to frequency on the screen as shown
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in Fig. 5.2c. It can also calculate a calibration curve after measuring sev-

eral standard bacterial solutions, and then users can measure the bacterial

concentration of an unknown sample.

Figure 5.2d illustrates the basic diagram of the wireless LCR sensing plat-

form which communicates with the mobile phone through the Bluetooth and

can drive our packaged bacteria sensor to quantify bacteria. Microcontroller

writes commands to the impedance converter chip and passes the start/end

frequency and sweeping step data from the cellphone to the chip. The on-chip

oscillator module of impedance converter generates corresponding sinusoidal

waves as the input signal of the bacteria sensor. The output signals of the

bacteria sensor containing attenuated amplitude and phase change informa-

tion are analyzed by an on-chip digital signal processor with 1024 points

Discrete Fourier Transform. Real and imaginary parts of the results are sent

to the micro-controller for converting into impedance and phase informa-

tion. Eventually, these results are transmitted back to the cellphone through

the Bluetooth and displayed on the smartphone screen. After calibration by

standard solutions, our platform and app can provide accurate quantification

information for tested bacterial solution.

5.2.3 Sensor microfabrication

The sensing part of miniaturized bacteria sensor is a pair of interdigitated

electrodes fabricated on a piece of silicon chip with micro-scale through-hole

arrays. Because interdigitated microelectrodes have advantages over conven-

tional electrodes for analytical measurements including high signal-to-noise

ratio, low resistance, small solution volumes requirement and rapid attain-

ment of steady state [116], we adopt this design as the sensing part of our

sensor in this research. The top view image of this part is shown in Fig. 5.3a.

The diameter of the holes is 16 µm. The spacing between the electrodes is 20

µm while the width of the electrodes is 10 µm. Starting from 380 µm thick

silicon wafer (University wafer 1815, p type, Boron doped, 4” 5∼10 Ω), 1 µm

of SiO2 was deposited with Plasma-Enhanced Chemical Vapor Deposition

system (PlasmaLab) first at 300 ◦C. Then, a layer of 100 nm Al2O3 which

would be used as a hard mask for through holes was deposited uniformly and

firmly on the SiO2 layer by Atomic Layer Deposition (ALD) system (Cam-
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bridge NanoTech) at 250 ◦C as what Fig. 5.3b 1© shows. Al2O3 deposited by

ALD has been proved to be a good mask for fluoride based Si deep reactive

ion etching (DRIE) in our experiment. The 100 nm Al2O3 allows ∼200 µm

Si to be etched through. Then, photolithography and patterning were done

with AZ 5214 photoresist and Karl Suss aligner as shown in Fig. 5.3b 2©.

The 15 nm of Ti for adhesion and 200 nm of gold were deposited by electron

beam evaporation (Temescal). After the metal on the photoresist was lifted

off by acetone bath, the gold layer on the exposed region remained as the

pair of interdigited electrodes as shown in Fig. 5.3b 3©. After the fabrica-

tion of electrodes, another layer of micro-hole array mask was aligned and

patterned. The holes were located between the electrodes and were designed

for the bacteria to pass through while blocking big dirt particles in water

samples. Buffered oxide etcher (1:10 HF: NH4F) was applied to etch the

Al2O3 and SiO2 (see Fig. 5.3b 4©, Fig. 5.3b 5©) hard mask. Then, XeF2

etching (XACTIX) was performed on the back side of the silicon on the ex-

posed part to thin down the silicon by half of its total thickness so that the

micro-holes could be etched through by Bosch process with STS Advanced

Silicon Etcher (see Fig. 5.3b 6©, Fig. 5.3b 7©) for only around 1.5 hrs.

5.3 Results and discussion

5.3.1 Concentration measurement

E. coli samples were provided by Institute for Genomic Biology from Univer-

sity of Illinois at Urbana and Champaign with the strain number of DH5a.

The E. coli stock solution was centrifuged and rinsed with deionized water

twice and diluted by 10, 100 and 1000 times respectively. The E. coli concen-

tration for the stock solution is about 107 ml−1 measured by hemocytometer.

The prepared E. coli solution was injected into our device in the order of

increasing concentration. To test the performance of packaged sensor elec-

tronics, a commercial LCR meter, Agilent 4284A, was used as the benchmark

to measure the bacteria impedance by sweeping the signal frequency from 1

kHz to 1 MHz with 1 kHz step size.

Figure 5.4a shows the Nyquist plot of the results of bacteria impedance

measurement. At low frequency the bacteria sensing is mass transfer con-
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trolled, while at high frequency the bacteria sensing is kinetics controlled. In

the kinetics controlled region, the diameter of the semicircle on Nyquist plot

indicates the electron transfer resistance Ret. We found the relationship be-

tween bacteria concentration and electron transfer resistance in logarithmic

form in Fig. 5.4b. The fitting formula is:

logRet = −0.153 logCbac + 4.187 (5.1)

The electron transfer resistance Ret and bacteria concentration Cbac could

be related by Randles equivalent circuit of electrochemical impedance spec-

troscopy. According to Fig. 5.1a and Fig. 5.1b, at high frequency, the

Warburg impedance becomes negligible compared with Ret. Therefore, the

Faradaic impedance could be simplified to only electron transfer resistance

Ret. Due to charge-transfer kinetics, the electron transfer resistance could be

defined as:

Ret =
RT

nFi0
(5.2)

where R is gas constant; T is absolute temperature; n is the number of

transfer electrons; F is Faraday constant and i0 is exchange current. In the

theory of electrode kinetics, the exchange current at equilibrium condition

could be defined as:

i0 = FAk0(C∗O)1−α(C∗R)α (5.3)

where k0 is standard heterogeneous rate constant. Since E. coli is negative

charged in neutral pH environment [117], we can assume that electrons spread

out on the surface of bacteria so that the movement of cells contribute to the

electron transfer current. The concentration of bacteria could be expressed

as:

Cbac = (C∗O)β1 = (C∗R)β2 (5.4)

The exchange current could be simplified as:

i0 = FAk0Cβ
bac (5.5)
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In this case, the relation between electron transfer resistance and bacteria

concentration could be expressed as: Ret ∝ Cβ
bac. Figure 5.4b displays this

relationship from experimental data and parameter β equals 0.153, which is

consistent with theoretical derivation. Furthermore, in the condition of high

frequency, the semicircle in Nyquist plot could be expressed as the function

of real part (ZRe) and imaginary part (ZIm) as:(
ZRe −Rπ −

Ret

2

)2

+ Z2
Im =

(
Ret

2

)2

(5.6)

The imaginary peak point on the semicircle satisfies the relationship:

ω =
1

RetCdl
(5.7)

where ω is the voltage frequency while Cdl is the double-layer capacitance.

By considering the Gouy-Chapman double-layer model, which involves a dif-

fusion layer of charge in the solution, the double-layer capacitance can be

related to bacteria concentration in logarithmic form as linearity. This rela-

tionship could be proved by the fitting curve in Fig. 5.4b.

Here is one issue worth noting. In most other journal articles for bac-

terial detection [114], the electron-transfer resistance (Ret) increases as the

concentration of bacteria increases. However, our testing data show that

Ret decreases as the bacteria concentration increases. To explain this phe-

nomenon, we need to review Fig. 5.1a where Rs is the ohmic resistance of the

electrolyte. In other cases, researchers used conductive electrolyte like 1×
Phosphate-Buffered Saline (PBS) whose high conductivity is associated with

low Rs. In those models [114], antibody-treated electrodes trapped bacterial

cells close to the electrodes and the double-layer of lipid bilayer membrane

of the cells retarded the electron transfer in the electrolyte. As a result, Ret

increased while the concentration of cells increased. In our case, deionized

(DI) water (18 MΩ) was applied to dilute E. coli bacteria after centrifug-

ing and rinsing from culture medium before testing, since E. coli at around

neutral pH environment carries charge [117], higher concentration of E. coli

induced resistance Ret lower than the resistance of electrolyte, Rs.

The reason why we used DI water as the background solution to detect the

concentration of bacteria is that our project investigated a new method for

direct detection and quantification of bacteria on mobile detection platform in
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no need of pretreating field water samples, like centrifuging and diluting with

1× PBS and other redox molecule additives like [Fe(CN)6]
3–/[Fe(CN)6]

4– .

Current result is a proof of concept to find the correlation between bacteria

concentration and EIS in natural waters.

5.3.2 Smartphone software application

The software was developed on the Android operating system. Implemented

with multiple functions of sending sensor control commands, receiving data

and plotting, this software is able to remotely control microcontroller (Ar-

duino) through a Bluetooth Shield transceiver board. Connected with the

miniaturized bacteria sensor, the smartphone App is able to implement the

same functions as a commercial LCR meter does. The user interface of the

App is shown in Fig. 5.2c.

In order to characterize the sensing capability of the smartphone bacteria

sensor system, we have performed the tests with different concentrations of

E. coli solutions and measured impedance spectra by sweeping the frequency

from 2 kHz to 100 kHz, as shown in Fig. 5.5a. Figures 5.5b and 5.5c show

the magnified chart of Fig. 5.5a. We diluted the stock bacteria solution into

different concentrations and used a 60 mL syringe to let 60 mL of calibration

sample solutions with the cell concentrations of 10 mL−1, 100 mL−1, 1000

mL−1, and 10000 mL−1 to pass through the sensor. A Nyquist diagram was

plotted on the smartphone screen as the thin lines in Fig. 5.5b. Then the

program can automatically extract the Ret value by calculating the peak

imaginary resistance from the curve in Fig. 5.5b and plot the Ret versus E.

coli concentrations diagram as shown in Fig. 5.5c. A blue fitting curve has

been derived as:

y = 79249x−0.21 (5.8)

where x is the concentration of E. coli and y is the imaginary impedance

peak, Ret.

Then we performed a measurement of prepared bacteria solution with cal-

culated concentration of 333 cells per milliliter. The result is shown as the

thick orange curve in Fig. 5.5b, where Ret equals 25727.4 Ω which is plotted

as the green cross in Fig. 5.5c. According to the fitting curve, the measured
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concentration is 212 cells per milliliter so that the relative error is 36.4% with

respect to the actual concentration. Note that this tested cell concentration

is extremely low with less than one cell per microliter.

One difference between the Nyquist plot results obtained by the bench-top

LCR meter and those acquired by our wireless impedance sensing platform is

the shape of the curve. First, the linear part disappeared in our sensor. Be-

cause the linear part represents the diffusion-limited process and corresponds

to low-frequency response. While the bench-top LCR meter can sweep fre-

quency starting from 1 kHz, our wireless impedance sensor starts sweeping

from 2 kHz where kinetic control dominates. Second, since the upper fre-

quency limit of the bench-top LCR meter is 1 MHz and that of our wireless

sensing platform is only 100 kHz, the measurement results in the Nyquist

plot converge to the origin for the bench-top equipment measurement but

not for the wireless sensing platform. When we use Ret for calibration, be-

cause Ret peak for concentrations of bacteria higher than 1000 cells mL−1

will fall out of the measurable frequency range, this instrument limitation

shrinks the upper dynamic range to 1000 cells mL−1. As the Ret peak exists

for low concentration solutions, the limit of detection is not degraded.

5.4 Conclusion

In summary, we have performed the design, fabrication and testing of a

low-cost, miniaturized and sensitive wireless bacterial sensor that can pre-

concentrate bacteria solution to obtain a detection limit of as low as 10

cells per milliliter. In order to enable citizens to perform EIS measurement

conveniently and understand whether their drinking water has been contam-

inated, we designed and tested a smartphone-based miniaturized impedance

spectroscopic measurement platform with Bluetooth connectivity. We have

used commercial bench-top LCR meter to benchmark the performance and

stability of our bacteria sensor. Additionally we integrated our sensor with

the wireless impedance sensor platform to conduct a natural water sample

testing after calibration. The limit of detection for the bacteria sensing is

10 E. coli cells per milliliter and its dynamic range is from 10 E. coli cells

mL−1 to 1000 cells mL−1. We compared the measured E. coli concentration

with the actual cell concentration, and got the result on the same order of
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magnitude with an error of 36.4%. Finally, we have also proved that our

Android app in the smartphone worked properly with our low-cost wireless

impedance bacteria sensing platform, which enables smartphone users to

measure bacteria contamination in their daily-used water conveniently and

cost-effectively. Moreover, the same wireless sensing platform and multi-

stage pre-concentration filtering sensor package can be extended for specific

pathogen detection by coating antibodies on the electrodes where users can

detect the concentration of each kind of bacteria with a single device after

performing one test.

5.5 Figures

Figure 5.1: Electrochemical Impedance Spectroscopic (EIS) sensing principle.
(a) Randles equivalent circuit of EIS. (b) A typical Nyquist plot for EIS. (c) Cross-
sectional view of the integrated EIS bacteria sensor. Bacteria will pass through
micro-hole silicon filter and be blocked by nonporous filter above the interdigitated
sensing electrodes. (d) 3D model of the EIS bacteria sensor package.

61



Figure 5.2: Wireless mobile phone bacteria sensing system. (a) Picture showing
syringe injection of testing liquid into the sensor package. (b) Close view of the
EIS bacteria sensor package. (c) Picture showing communication scheme between
smartphone sensing app and wireless bacteria sensor. (d) Diagram of wireless
sensing system.

Figure 5.3: Sensor micro fabrication. (a) Top view microscopy images of the
micro-hole array and interdigitated electrodes. (b) Fabrication process of the sili-
con sensor chip.

62



Figure 5.4: Two methods of concentration measurement using EIS bacteria sen-
sor. (a) Nyquist plots (real and imaginary parts of the complex impedance) of
bacteria solutions at different concentrations. (b) Logarithmic calibration between
electron transfer resistance (Ret) and concentration and fitting curve (red line) and
logarithmic calibration and fitting curve between double-layer capacitance (Cdl)
and concentration (blue line). (For interpretation of the references to color in text,
the reader is referred to the web version of this article.)

Figure 5.5: Calibration and sample measurement by the wireless cellphone bacte-
ria sensing system. (a) Cellphone display of the impedance measurement results.
(b) Zoomed-in image of Nyquist plots on the cellphone, with four solutions of
known bacteria concentrations used for sensor calibration, DI water and one sam-
ple solution to be tested. (c) Ret vs concentration plot and the fitted calibration
curve. The E. coli concentration of the unknown sample was derived from fitting
the measurement results into the calibration curve and corresponding formula, as
the green cross shows; while the yellow shows the calculated (actual) concentration
and corresponding Ret.

63



CHAPTER 6

PAPER-BASED ELECTROCHEMICAL
SENSOR FOR CELL AND BACTERIA

QUANTIFICATION WITH SMARTPHONE

6.1 Introduction

Although the pre-concentration property makes the bacteria quantification

easier, there are still some problems with that platform for real point-of-

care application. The fabrication process for the sensing platform is too

labor intensive and the electrolyte as distilled water is not quite stable for

electrical sensing. The chapter here demonstrates an innovative paper-based

porous electrode, which makes use of physical adsorption and diffusion block

mechanism for quantification sensing.

White blood cell (WBC), also called leukocyte, originates in the bone mar-

row and circulates throughout the bloodstream. WBC is the main effector

cell in the immune system. The main physiology function of WBC is to fight

infections from bacteria, viruses, fungal that invade the body. The normal

range of WBC is 4500 ∼ 11500 µL−1 [118] in healthy condition, while in

pathology condition, the number will be out of this range. The case when

concentration is higher than 11500 µL−1 is called leukocytosis [118], which is

mostly caused by bacteria infection instead of viral infection [119], [120]. Ac-

cordingly, WBC is a cell marker to discriminate the early diagnose of bacteria

or viral induced infection and impact the therapy decision the antibiotic ther-

apy or antiviral therapy [121]. The case when WBC concentration is lower

than 4500 µL−1 is called leukopenia [118], which is commonly caused by med-

ical intervention such as long-term use antibiotics [122] and chemotherapy in

cancer [123], [124]. In order to perform safe treatment, WBC concentration

needs to be frequently checked to monitor the side effect of chemotherapy

and adjust treatment plan, just like glucose management in patients with

diabetes mellitus. WBC count provides high diagnosis value in acute infec-

tions and chronic disease management. Therefore WBC counting becomes
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a routine in clinical testing [118] and it is in high demand to have a rapid,

easy-to-use, low cost WBC counting point-of-care system in order to meet

this significant diagnostic need.

Traditionally WBC counting is done by using hemocytometer under mi-

croscope [125] but this method has limited point-of-care applications. Auto-

mated high-efficiency WBC counting were achieved for clinical use [126] by

measuring the optical scattering [127], fluorescence labeling [128] or electri-

cal impedance of WBC [129]. Such automated hematology analyzer requires

bulky instrument and trained operators, which limits the use for point-of-

care applications especially in developing countries with limited resources and

thus demands a miniaturized portable hematology analyzer. Several minia-

turized platforms for WBC counting have been achieved with microfluidic

separation and collection of WBCs however are still lack of system portabil-

ity because of the use of microscope as detection system [130–132]. WBC

counting on microfluidic electrical impedance sensors based on Coulter prin-

ciple [129] suffers channel-clogging problem and compromised system robust-

ness [22], [23]. External bulky equipment for liquid pumping and signal ac-

quisition in the aforementioned microfluidic systems limit their application

to only laboratory benchtop settings.

Paper (membrane) based liquid sample handling approaches overcome

many drawbacks in traditional microfluidic technique and realize pump-free

microfluidic flow owing to the capillary force along the paper fibers [24], [25].

Its low cost, flexibility, ease of patterning and disposable properties make this

approach a promising candidate for practical POC applications [24], [25].

Most paper-based microfluidic devices have been coupled with the optical

colorimetric [133] or electrochemical method [134] to quantify ions [31], [135]

and small molecules such as glucose [29], DNA [136], [137] or proteins like

cancer bio-marker [33], [138]. But they suffer from delivery problems limited

by pore size when applied to large particles like WBC. Recent attempts were

reported to capture WBC on porous membrane substrate by physical trap-

ping [34] or capture antibodies [35], and quantify using the imaging process

with either fluorescent dyes [35] or gold nanoparticles [34] labeling which

adds to the complexity of these attempts. Our work takes the advantages of

both the physical property of membrane substrate and ease of electrochemi-

cal method at the same time to achieve label-free WBC quantification.

As the most widely used mobile device in the world, the smartphone is
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continuously advanced in computing, information collection and data shar-

ing capabilities, making it an ideal portable receiver by nature for point-

of-care applications [139–141]. Colorimetric sensing using image analysis is

one of the most common methods can be applied to paper-based applica-

tions [18, 142–145]. But owing to variations under different test conditions,

more consideration needs to be taken on self-reference and calibration to

obtain accurate results [54]. Electrochemical sensing instead is easy to be

made compactable to smartphones using audio-jack [91], micro-USB [146] or

Bluetooth [85] communication interfaces.

We, therefore, for the first time propose a paper microfluidic sensor coupled

with smartphone electrochemical measurement for label-free WBC count-

ing. The physical trapping of WBC was implemented on our polyvinyli-

dene fluoride (PVDF) membrane with microfabricated interdigitated elec-

trodes and analytical ion probes (ferricyanide/ferrocyanide) were used for

electrochemical quantification. The electrochemical impedance spectroscopy

(EIS) method was often used for such electrode surface analysis on planar

solid substrates [114], [147], [148] but not effectively on porous substrates.

Considering the porous property of the membrane electrodes which provides

plenty of charge transfer pathways, the differential pulse voltammetry (DPV)

method was used to quantify diffusion blockage by trapped WBC. Based

on our previous efforts on smartphone-based platforms for electrochemical

sensing [21], [85], [91], we implemented a handheld smartphone DPV mea-

surement system through wireless Bluetooth communication and thus made

it ready for point-of-care applications. The dynamic range of our portable

system covers three orders of WBC concentration (102∼104 µL−1), which

enables point-of-care diagnosis even in leukopenia and leukocytosis cases.

6.2 Materials and methods

6.2.1 Electrode fabrication

Our sensor used three-electrode system for electrochemical testing which was

designed using AutoCAD2011. The designed pattern was cut open on planar

acrylic material with laser cutting tool (Universal Laser Systems X-600) as

a shadow mask. The total sensing area for one electrode is about 1 cm2 and
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the width of interdigitated electrode is 500 µm. Metal evaporation deposi-

tion (CHA SEC-600 E-Beam Evaporator) was used to deposit in a sequence

of 10 nm titanium and 250 nm gold on PVDF filter membrane (Durapore

Membrane Filters, 5.00 µm SVPP, EMD MILLIPORE). The metal thickness

was optimized in considering uniform electrode finger resistance and cost ef-

fectiveness. Membrane electrode was treated with oxygen plasma (Pico Di-

ener Oxygen Plasma System) for 1 min before use followed by an activation

process. Cyclic voltammetry method was used for this activation process,

sweeping from -0.5 to 0.5 V at the rate of 200 mV/s for 20 cycles.

6.2.2 Cell preparation

Cells were cultured and retrieved before electrochemical testing. Hela (ATCC

CCL-2) was cultured in DMEM media (Life Technologies, USA) with 10%

fetal bovine serum (LifeTechnologies, Carlsbad, California, USA) in 5% CO2

at 37 degree. The white blood cell (WBC) was retrieved from healthy human

blood (Zen-Bio, Research Triangle Park, North Carolina, USA) by centrifug-

ing. Both Hela cell and WBC were mixed with 1 mM ferricyanide/ferrocyanide

in 10 mM PBS solution. The cell number was counted manually using hemo-

cytometer under a microscope as the reference before testing.

6.2.3 Voltammetry method

In the electrochemical testing, an advanced potentiostat (CHI660D, CH In-

strument) was used to achieve all the voltammetry methods including CV

(cyclic voltammetry), OCV (open circuit voltage), Tafel plot, EIS (electro-

chemical impedance spectroscopy) and DPV (differential pulse voltamme-

try). Electrolyte used in these voltammetry methods was chosen to be fer-

ricyanide/ferrocyanide at 1 mM in 10 mM PBS (pH = 7.35) solution. The

concentration ratio of ferricyanide and ferrocyanide was controlled at 1 to

stabilize potential according to Nernst equation and to be robust to possible

evaporation. Electrolyte with too high concentration would make solvent

easy to condense out in PVDF membrane especially at low liquid volume.

The ratio between analytical ion ([Fe(CN)6]
3–/[Fe(CN)6]

4– ) and electrolyte

was fixed at 1:10 to make voltammetry method diffusion controlled because
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of good screening effect of electrolyte [1]. CV was performed at a scan rate of

0.1 V/s between -0.5 V and +0.5 V. OCV was performed in a duration time

of 20 minutes. Standard Ag/AgCl reference electrode (Fisher Scientific) was

used when OCV was performed. Tafel plot measurement was executed in a

scan rate of 0.1 mV/s while DPV method was executed with sweeping step

at 4 mV. The pulse amplitude of DPV was set at 50 mV and the pulse width

is 50 ms. EIS was performed at the voltage of -0.5 V at the frequency span

from 10 Hz to 100 kHz.

6.2.4 Simulation

Finite element method (FEM) was applied to validate sensing principle,

which was based on diffusion limited by bio-targets. Electroanalysis mod-

ule in COMSOL Multiphysics 4.4 was used to explore the change by adding

cells in diffusion path (no flux boundary condition). The electroanalytical

Butler-Volmer equation was defined as electrode kinetics boundary condi-

tion; while the whole domain simulating the region around single finger on

interdigitated electrode follow Ficks law of diffusion. Voltage step function

and cyclic voltammetry were applied to electrode surface separately to study

concentration distribution near electrode surface and current density due to

diffusion coefficient variation. The default diffusion coefficient (D) of ferri-

cyanide/ferrocyanide was estimated as 0.75 × 10−5 cm2/s [149]; heteroge-

neous rate constant (k0) is defined as 4.7 × 103 cm/s; transfer coefficient

(α) is 0.23 and over-potential is set as -0.1 V. Parametric sweeping of D was

studied from 0.1 × 10−5 cm2/s to 1 × 10−5 cm2/s at step size of 0.1 × 10−5

cm2/s.

6.2.5 Portable system

Portable system design was addressed from electrical and mechanical side. In

electrical system, Arduino UNO (ATmega328P) was integrated with exter-

nal 12-bit DAC (MCP4725) and 16-bit ADC (MCP34265) as analog trans-

mit/receive center. Two operational amplifiers (OPA2378) were built as sim-

plified potentiostat with a first-order low-pass filter. Sensed signal received

by Arduino was finally transmitted through Bluetooth module (HC-05 Blue-
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tooth Serial Module) to smartphone. Maximum value in the DPV curve was

used for data analysis.

Mechanical design in portable system was implemented by Solidworks

2012. The designed model was printed using a 3D printer (Ultimaker 2+,

PLA material) at the resolution of 60 µm. PDMS was mixed with a curing

agent at the weight ratio of 10:1. After degassing in vacuum desiccator for

30 minutes, PDMS was poured into a PLA model and put in an oven at 60

centigrade for 12 hours. All the PDMS components were finally assembled

together with the membrane electrode and wires.

6.3 Results and discussion

6.3.1 Sensing system design and principle

The system diagram of our paper-based portable sensing platform was il-

lustrated in Fig. 6.1a. Voltammetry signal was generated from portable

potentiostat after WBC sample was trapped in the membrane (paper) elec-

trode. Electrochemical sensing current during the voltammetry test was re-

trieved at the same time and transmitted through Bluetooth to smartphone.

The smartphone App analyzed the collected data and gave out concentration

value of WBC with internal calibration.

The electrochemical sensor head was designed as three gold electrodes

which were patterned on a PVDF membrane by e-beam evaporation (see

Fig. 6.1b). Working and counter electrodes were designed as interdigitated

electrodes to make current flow evenly distributed. The reference electrode

was designed closer to the working electrode to decrease uncompensated re-

sistance. For the simplicity of the fabrication process [150], gold was used

for all three electrodes due to its relevant low chemical reactivity and good

conductivity. The feasibility of the gold reference electrode was validated by

OCV (Open Circuit Voltage) measurement versus standard Ag/AgCl refer-

ence electrode. The measured coefficient of variation (CoV) of OCV value

was only 0.45% (see Fig. 6.2). PVDF was chosen as porous membrane sub-

strate because of its excellent antioxidation, superior thermal and chemical

stability, outstanding physical adsorption as well as good mechanical prop-

erty [151–153]. Higher conductivity (4.69 × 106 S/m) with thin film metal
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deposition (250 nm) was found for PVDF membrane substrate compared

with other materials like nitrocellulose membrane (open circuit). The aver-

age pore size of PVDF membrane was about 5.0 µm, smaller than the size

of normal human white blood cell (∼10 µm). The three-dimensional porous

structure covered with a thin gold layer electrode can provide current ampli-

fication. The porous, rough and adsorptive PVDF membrane surface could

provide an ideal platform for cell trapping as shown in Fig. 6.1c.

The electrochemical sensing principle within the membrane electrode was

the diffusion blockage effect by the trapped cells which causes a reduced

current response (see Fig. 6.1a). This principle could be elucidated by a

simple EIS measurement in which an upward bending of diffusion impedance

appeared at lower frequencies when more Hela cells were added to the mem-

brane electrode (see Fig. 6.1d). This bending indicated more depletion

of ions arriving at electrode (similar to the case with more negative over-

potential) primarily owing to the cells capacitive blocking. Such capacitive

blocking normally followed by typical Warburg-like part (with slope close to

unity) was manifested by the diffusion impedance which was determined by

frequency, concentration, diffusion coefficient and over-potential [154]. To

further prove this concept, a simulation was made to show the concentration

profile of target oxidant ions around the electrode surface after diffusion for

the same duration time (see Figs. 6.3a and 6.3b). The cells trapped on or

between electrodes blocked ion diffusion pathway and lowered the concen-

tration of target ions reaching the electrode surface. Similar simulation was

performed to show the current density decrease in CV due to the lowered

concentration resulted from the cell blocked ion diffusion (see Figs. 6.3c and

6.3d). It was also noticeable that the change of charge transfer resistance

was extremely small, mainly due to the numerous current path ways within

porous membrane electrode (see Fig. 6.1d). According to Ficks second law,

cells blockage effect could also be considered as a decrease in effective diffusion

coefficient (D). It was illustrated in Juan Bisquert’s work that the diffusion

coefficient D was a function of diffusion response and diffusion impedance

had a negative correlation with the diffusion coefficient [154–156].

The benefit of the porous membrane substrate was studied assuming that

the cell trapping could be considered as a change in D. To study both the

electrode kinetics and diffusion property of the membrane electrode, Tafel

plot measurement was performed as shown in Fig. 6.1e. The ideal case (no
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mass transfer effect) for current-overpotential relation can be written as:

i = i0
[
e−αfη − e(1−α)fη

]
(6.1)

where i0 is the exchange current; η is over-potential; f = F/RT (R is gas

constant; T is absolute temperature). The slope of the cathodic branch in

this ideal case is −αF/2.3RT even for large over-potential. In reality, this

slope will be flattened owing to the diffusion limit at very large over-potential

indicated by the Tafel plot of a wire electrode in Fig. 6.1e. In comparison, the

slope in the Tafel plot of membrane electrode was more flattened even at small

over-potential. This phenomenon indicated a relatively strong diffusion limit

in membrane electrodes, corresponding to a smaller background diffusion

coefficient. The effect of background diffusion coefficient on the sensitivity

of cell particle sensing was simulated (see Fig. 6.1f). A larger diffusion

coefficient was observed to lead to higher current density but the current

density slope at a lower diffusion coefficient was much larger, indicating a

more sensitive change with the same amount of variation in the diffusion

coefficient. Therefore, the membrane electrode with diffusion limit property

was proved to be a potential more sensitive platform for particle sensing using

diffusion block mechanism.

6.3.2 Membrane electrode characterization

Double-layer capacitance was investigated since it could be key to the voltam-

metry method selection [1]. The double-layer capacitance in our system was

estimated according to sensed current and voltage scan rate by the cyclic

voltammetry method. A comparison of the double-layer capacitance between

wire and membrane electrode was made for electrolyte (10 mM PBS) only

samples. The double-layer capacitance of membrane electrode (73.5 µF) was

14.7 times larger than that of wire electrode (5 µF) (see Fig. 6.4a). Such large

double-layer capacitance introduced high interfering charging/discharging

current to actual Faradaic current when the voltammetry method with high

scan rate was applied. This drawback was confirmed by the CV method

when quantifying Hela cells as shown in Fig. 6.4b. The sensitivity of the CV

method was quite small and the linear correlation was relatively poor, there-

fore, it was not appropriate for the membrane electrode. On the other hand,
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differential pulse voltammetry (DPV) is the proper method to effectively

reduce non-Faradaic current (double-layer capacitor charging/discharging)

owning to its current-difference mechanism and very slow scan rate [1], [157].

Current difference is taken before and after applying a voltage pulse in order

to analyze the Faradaic current caused by the small amplitude of pulse. Given

the short pulse width (50 ms) as the constant diffusion response time, the

number of cell particles can be quantified due to different diffusion response

on membrane electrode.

The current amplification by the membrane electrode was characterized

with respect to a bulk gold wire electrode using cyclic voltammetry method

(see Fig. 6.4c). The membrane electrode showed 12.5 times larger peak

current than wire electrode. Although the planar surface area of membrane

electrode (∼25 mm2) was larger than the gold wire electrode (∼5 mm2), it

took only 10 µL of sample to generate such a high current compared to the

minimum liquid needed (100 µL) for the gold wire electrode. The equivalent

current density amplification ratio for membrane electrode was then about 25.

The Tafel plot in Fig. 6.1e showed the membrane electrode had a two orders

of magnitude higher exchange current than the wire electrode, which can be

explained by the large electrode surface area in the following expression [1]:

i0 = FAk0(C∗O)1−α(C∗R)α (6.2)

where α is the transfer coefficient; A is the electrode surface area; F is the

Faraday constant; k0 is standard heterogeneous rate constant; C∗O is bulk

oxidant concentration and C∗R is bulk reductant concentration.

To ensure the membrane electrode can capture cells effectively as illus-

trated in Fig. 6.4d, a trapping test was made by dropping ∼60 k Hela cells

in 10 µL solution on the membrane and comparing DPV currents before and

after washing the electrode (see Fig. 6.5). Only 6% increase in peak current

after washing was observed, indicating excellent surface trapping property

and advantage in rapid cell captures.

Two techniques were used to overcome the hydrophobic property of PVDF

and further improve cell trapping. First, PDMS as hydrophobic substrate

was attached underneath the membrane electrode to ensure the liquid diffuse

only within the membrane first (see Fig. 6.6a). Second, oxygen plasma

(OP) treatment was also applied to change membrane into hydrophilic, which
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helped raise the peak current by 35% (see Fig. 6.6b) [158]. The effect of

mechanical flexibility of the membrane electrode was also studied and showed

excellent stability (CoV=1.6%) in different deformation (see Fig. 6.7).

6.3.3 Cell counting on membrane electrode

The Hela cell, a human cervical cancer cell, was first used as the surrogate in

counting experiments because of its similar size to human WBC. The DPV

curve was measured for Hela cells in the amount of 6 to 600 k in total number

in a constant volume of 10 µL (see Fig. 6.8a). The reduction current peak

was observed near the formal reduction potential of ferricyanide. The minor

potential shift could be due to the relative slow sweeping rate (20 mV/s).

The peak current is inversely proportional to the increasing amount of cells,

indicating more diffuse pathways were blocked by the cells. A highly linear

calibration curve was made between peak current and cell number with a

coefficient of determination R2 = 0.994 (see Fig. 6.8b), a large linear dynamic

range covering about 6 orders (101 ∼ 106) of magnitude of cell numbers,

and a limit of detection (LoD) at 60 cells. The DPV curves were analyzed

using peak maximum instead of Gaussian peak height because it is more

convenient to be realized in mobile application. The feasibility was validated

using Gaussian peak height calibration (see Fig. 6.9) as comparison, which

showed little effect on linearity and sensing range. The PVDF membrane

pore size was investigated and optimized to achieve good linearity (see Fig.

6.10). For the case that pore size is larger than target size, the target’s

diffusion blockage effect will be much less which causes little interference.

After sensor verification using Hela cells, we isolated and counted WBC

from the peripheral blood of health individuals. WBC was tested on mem-

brane electrode in the number ranging between 101 and 106 cells in 10 µL

liquid samples. Due to the diffusion blockage effect of WBC, the DPV mea-

surements showed a similar inverse proportion between the cell numbers and

peak currents (see Fig. 6.8c). The current measurement for cell numbers

ranging from 1.5 k to 150 k (150 ∼ 15 k µL−1) showed a good linearity (R2 =

0.938), exactly covering the WBC concentrations in a healthy person (4500

∼ 11500 µL−1) [118], leukopenia (decrease in number) and leukocytosis (in-

crease in number) patients [159], [160]. The WBC testing results suggested
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the potential for the sensor in clinical diagnosis. It is worthy to note that

some interference may occur in real blood test like red blood cell (RBC) and

other small molecules in serum. Since current sensing is based on physical

adsorption and diffusion blockage mechanism, small molecules like glucose

will cause very little interference (see Fig. 6.11) while RBC with similar size

to WBC will make a significant difference. The microfluidic cell lysing unit

could be integrated as pre-separation stage for real blood portable diagnosis

system [22].

6.3.4 Portable white blood cell counting

Portable electronic potentiostat system for DPV sensing and Bluetooth com-

munication was described in Fig. 6.12. The working electrode was stabilized

by connecting together with a band-gap reference potential IC (2.5 V) to

an Op-Amp. Voltage on the reference electrode will be keeping sweeping

voltammetry. Pulse width (50 ms) and sampling time was accurately con-

trolled using the timer function from micro-controller. A 12-bit DAC and

16-bit ADC component were used (see Fig. 6.12a) in order to achieve high

current detection resolution as high as 200 nA demonstrated in Fig. 6.13.

A 10 kΩ resistor with 1% tolerance was used to in the current to voltage

conversion module in the circuit. Collected voltage values from this sim-

plified potentiostat were transmitted through a wireless Bluetooth module

to smartphone. The original DPV curve is plotted on the phone and the

measured cell number is calculated according to built-in calibration equation

(see Fig. 6.12b). The membrane electrode was assembled using PDMS as the

hydrophobic supporting substrate and was electrically connected with three

gold wires to the portable potentiostat. The configuration of the system

assembly is shown in Figs. 6.12c and 6.12d.

The above portable electrochemical sensor was then applied to human

WBC counting in the concentration range of 195 ∼ 25 k µL−1. The DPV

peak current change in this concentration range was linearly proportional to

WBC concentration (see Fig. 6.14a). The LoD for our sensing system was

195 µL−1, which was 30 times lower than normal concentration (∼6000 µL−1)

in blood. The maximal peak current change (∼60 µA) was 300 times of the

current detection resolution (200 nA), which provided a very broad dynamic
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range for cell concentration measurement. The minimal detectable change in

cell concentration can be as low as 2.6%. Normalization by taking the ratio

of sample current to background current was performed based on the back-

ground current (peak current from electrolyte) to cancel out the variation

among different individual membrane electrodes. The normalization method

led to a better fitting in calibration. The coefficient of determination (R2) for

regression fitting was found to be 0.994 throughout the entire concentration

range (see Fig. 6.14b). The calibration equation could be expressed as:

Concentration = 10116.09−current/21.44 (6.3)

The detection range could be divided into two regions (low and high) which

are calibrated separately to get more accurate fitting (see Figs. 6.14c and

6.14d). The CoV in the low concentration was 3.3% in average while the CoV

in high concentration was 4.3%. The comparison of the measurement result

from the portable detection system with commercial potentiostat showed

good matching (see Fig. 6.15).

6.3.5 Blood sample accuracy test

To evaluate the accuracy of portable electrochemical system for WBC count-

ing, 12 processed blood samples of 10 µL each from healthy personal with

unknown WBC concentration were quantified by both gold standard manual

counting method via microscopy and our portable sensing method respec-

tively (see Fig. 6.16a). The WBC concentration was from 200 µL−1 to

15000 µL−1, covering majority clinical relevant disease from leukopenia and

leukocytosis. The calibration curve used for quantification was derived from

Fig. 6.14. The overall CoV of repeatability testing was 8.8%. The CoV for

WBC counting accuracy at low concentration (<2000 µL−1) was as low as

10% while that in the high concentration (>8000 µL−1) was 15% as shown

in Fig. 6.16. Most data points were distributed around the y = x line

with a coefficient of determination (R2) at 0.993. The high accuracy and

precision of our sensor especially in the low WBC concentration are crucial

for applications such as monitoring therapy effects for cancer or immune-

deficiency patients [123], [124]. Although slightly lower in very high WBC

concentration, the counting accuracy of our sensor is more than sufficient
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for quick diagnosis of bacterial infection [119], [120] in which case the WBC

concentration increases over two folds. In addition, the less-than-one-minute

detection time and broad range WBC counting of our portable paper sensor

are critical for rapid diagnostics especially in emergency care.

6.4 Conclusion

Due to the significance of WBC counting in clinical diagnosis and the highly

demand in rapid, low-cost solution for point-of-care WBC test, we demon-

strated a novel platform using smartphone-based electrochemical method to

achieve fast label-free WBC counting on microfabricated membrane elec-

trode. The sensing principle was based on the diffusion blockage by the cells

trapped on membrane electrodes and the consequent electrochemical signal

change as the function of the cell concentration. The membrane microelec-

trode showed advantages in current amplification, excellent surface trapping,

large double-layer capacitance, hydrophilicity and flexibility. By creating a

mobile differential pulse voltammeter, the peak currents from tests on WBC

at different concentrations were retrieved and transmitted to smartphone

through Bluetooth protocol. The across-four-orders-of-magnitude dynamic

range for our WBC sensor was able to cover healthy, leukopenia and leuko-

cytosis conditions with excellent accuracy and precision. The current system

has no cell separation unit which will be integrated in the future for direct

whole blood testing. Overall, our mobile WBC counting work showed its po-

tential in future point-of-care applications like inflammation disease diagnosis

at home.
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6.5 Figures

Figure 6.1: Cell counting sensor design and principle. (a) System diagram and
electrochemical principle for WBC count. D is diffusion coefficient. i is the elec-
trochemical current. (b) Gold three-electrodes on PVDF (polyvinylidene fluo-
ride) membrane paper. (c) Scanning electron microscopy image of trapped WBC
(white blood cell) on PVDF and microporous structure of PVDF membrane. (d)
Nyquist plot of electrochemical impedance spectroscopy (EIS) showing the dif-
fusion impedance upward bending by adding more Hela cells on the membrane
electrode. The over-potential in EIS is -0.5 V with frequency sweeping from 10
Hz to 100 kHz. (e) Tafel plot of the membrane electrode and wire electrode in 1
mM [Fe(CN)6]

3–/[Fe(CN)6]
4– and 10 mM PBS at the scan rate of 0.1 mV/s. (f)

Simulation of cyclic voltammetry method at different diffusion coefficient in the
environment of 1 mM [Fe(CN)6]

3–/[Fe(CN)6]
4– and the inset is the peak current

density change with diffusion coefficient.
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Figure 6.2: Open circuit voltage of Au membrane electrode in 1 mM
[Fe(CN)6]

3–/[Fe(CN)6]
4– and 10 mM PBS versus standard Ag/AgCl reference

electrode. The average value is 0.244 V with a standard deviation of 1.1 mV.

Figure 6.3: Simulation of cell blocking around electrode. (a) Concentration
gradient within membrane electrode with trapped cells after step potential on
electrode was applied. Initial concentration of target ion (oxidant) within the
domain is zero. Left and right boundary was set as bulk concentration. (b)
Concentration profile across electrode surface for the case of without and with cells
trapped. (c) Concentration gradient within membrane electrode with trapped cells
when surface target ions (oxidant) were depleted (reduced). (d) CV curve for the
case of without and with cells trapped.
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Figure 6.4: Membrane electrode characterization. (a) Cyclic voltammetry test
on wire and membrane electrode in electrolyte only (10 mM PBS) at the scan
rate of 0.1 V/s. Double-layer capacitance was estimated from current value at
voltage 0. (b) Cyclic voltammetry for loading Hela cells at the amount of 7.5 k,
30 k, 120 k and 480 k with 1 mM [Fe(CN)6]

3–/[Fe(CN)6]
4– and 10 mM PBS in

a volume of 10 µL. The inset shows the peak current calibration with total count
of Hela cells. (c) Comparison of CV curves at the scan rate of 0.1 V/s in 1 mM
[Fe(CN)6]

3–/[Fe(CN)6]
4– and 10 mM PBS. (d) Microscopy image of trapped dyed

Hela cells on membrane electrode.

Figure 6.5: Verification of surface trapping. DPV test of 60 k Hela cells on
membrane electrode before and after washing. The washing process was performed
using distilled water to remove redundant ions. After drying with nitrogen gas,
same volume of electrolyte solution (1 mM [Fe(CN)6]

3–/[Fe(CN)6]
4– in 10 mM

PBS) was added on membrane electrode and the second DPV test was performed.

79



Figure 6.6: Hydrophilicity improvement of the PVDF electrodes. (a) Illustration
of target liquid diffuse path with PDMS substrate. The hydrophobic property of
PDMS ensures diffusion within membrane first. (b) DPV test for background (1
mM [Fe(CN)6]

3–/[Fe(CN)6]
4– and 10 mM PBS) with and without oxygen plasma

treatment at the volume of 15 µL.

Figure 6.7: Flexibility performance. DPV measurement results with membrane
electrode placed on flat, convex and concave surface separately as the flexibility
test on the PVDF membrane electrodes.
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Figure 6.8: Cell counting and calibration on membrane electrode using commer-
cial potentiostat. (a) DPV reduction peak as the function of Hela cell numbers at
the amount of 6 to 600 k on membrane electrode. Background is just 10 mM PBS.
(b) Calibration curve of peak current as the function of Hela cell number based on
three replicates. (c) DPV reduction peak after capturing white blood cells (WBC)
at the amount of 15 to 1500 k on membrane electrode. (d) DPV reduction peak as
the function of WBC numbers at the amount of 6 to 600 k on membrane electrode
(three replicates). The inset shows the peak current as the function of the WBC
number in the range of 103 to 105. The DPV experiment was performed with
incremental amplitude at 4 mV and a period of 0.2 s, as well as the pulse height
at 50 mV with 50 ms pulse width. All the calibration was made with the buffer
of 1 mM [Fe(CN)6]

3–/[Fe(CN)6]
4– in 10 mM PBS.

Figure 6.9: Calibration of Hela and WBC using Gaussian peak detection method
for DPV curve.
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Figure 6.10: PVDF membrane pore size and target size effect. (a) Hela cell
calibration on membrane electrode with smaller size (0.65 µm). The pore size here
is much smaller than the target size. The linearity at this pore size was worse than
the case with pore size of 5.0 µm. (b) E. coli calibration on membrane electrode
with the same size in main context (5.0 µm). The pore size here is larger than the
target size. Diffusion blockage effect was very little at low concentration.

Figure 6.11: Glucose interference on membrane electrode with DPV method.
The current measured from background (1 mM [Fe(CN)6]

3–/[Fe(CN)6]
4– and 10

mM PBS) is quite close to the current measured from glucose. The concentration
of glucose for testing is 11 mM, which is twice of the normal concentration in
human blood.
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Figure 6.12: Smartphone-based electrochemical cell counting platform design.
(a) Block diagram of the sensor electronics system. (b) Android App interface
with received electrochemical sensing data through Bluetooth protocol plotted on
smartphone screen. (c) Assembly and explosive view of the sensor package. (d)
Whole package view with sensor assembly and electronic system.

Figure 6.13: Electrochemical sensor electronics resolution. The deviation is 200
nA in average.
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Figure 6.14: WBC counting and calibration using smartphone electrochemical
platform with PVDF membrane electrodes. (a) DPV reduction current peak cor-
responding to white blood cells at different concentrations in the volume of 10
µL. (b) Converted reduction peak current as the function of WBC concentration
calibration with R2=0.994 (3 replicates). (c) Calibration curve for WBC concen-
tration at low concentration range. (d) Calibration curve for WBC concentration
at high concentration range.

84



Figure 6.15: Comparison between the portable DPV system and commercial
potentiostat. Dashed lines are the results for portable system while solid lines are
the results for potentiostat.

Figure 6.16: Correlation study between the portable electrochemical cell count-
ing method and manual counting. (a) Measurement of WBC with different con-
centration by manual count and portable electrochemical method respectively. (b)
Comparison between portable electrochemical method and manual count method.
The red dashed line is the linear regression fitting curve with R2 = 0.993. The
black dot line is the y=x line representing the perfect matching line.
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CHAPTER 7

OPTIMIZATION OF PAPER-BASED
ELECTROCHEMICAL SENSOR WITH

FILTERING FUNCTION

7.1 Introduction

The WBC counting application was achieved in Chapter 6 using a paper-

based electrochemical sensor. There are several properties of paper electro-

chemical electrodes described in Chapter 6: large double-layer capacitance,

high exchange current density and low effective diffusion coefficient. The

sensing principle is based on the diffusion limit of such electrodes. The ad-

vantage of a low diffusion coefficient was further explored in this chapter

using numerical simulation to simulate the DPV response of diffusion block

electrochemical system. In addition, the optimization of paper-based elec-

trochemical sensor was studied by researching the effect of paper pore size

and bio-target size. The interference from small molecules like glucose and

protein was also investigated. Lastly, the filtering function will be discussed

and a new way to make paper-based micro-fluid channels will be introduced.

These explorations will extend the use of the paper-based electrochemical

sensor to the application of separation and multi-target testing.

7.2 Materials and methods

7.2.1 Paper-based micro-fluid channel

A mode was first designed with Solidworks 2012 and printed using 3D printer

(Ultimaker 2+, PLA material). PDMS was prepared with curing agent at the

weight ratio of 10:1. The prepared liquid PDMS was poured into the printed

mode, left in oven at 60 degrees for 12 hours. About 100 µL UV-curable

polymer (NOA-65) was evenly spread on a piece of glass, and the prepared
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PDMS mode was used to stamp on the UV-curable polymer. Then the

stamped PDMS transferred the UV-curable polymer to the PVDF electrode

at the specific position. After exposure to UV for only one minute, the

UV-curable polymer was solidified and the paper micro-fluid channel was

created.

7.2.2 COMSOL simulation

Electroanalysis module in COMSOL Multiphysics 4.4 was used to explore

the effect of low diffusion coefficient and diffusion block effect. The elec-

troanalytical Butler-Volmer equation was defined as the electrode kinetics

boundary condition; while the whole domain simulating the region around

a single finger on interdigitated electrode follow Ficks law of diffusion. The

diffusion blockage effect of cells was simulated as circle domains with very low

diffusion coefficient (0.75 × 10−6 cm2/s). The DPV voltage form was applied

to electrodes with a pulse width as 100 ms and incremental rate as 0.05 V per

second. The default diffusion coefficient (D) of ferricyanide/ferrocyanide was

estimated as 0.75 × 10−5 cm2/s; heterogeneous rate constant (k0) is defined

as 4.7 × 103 cm/s; transfer coefficient (α) is 0.23. Both the current density

through electrode and the concentration profile around the electrode were

exported.

7.3 Results and discussion

7.3.1 Diffusion coefficient effect

It was shown in Chapter 6 that the diffusion coefficient for current paper-

based electrochemical sensor is low, which was verified to have higher sen-

sitivity by simulation using cyclic voltammetry method. Since the actual

voltammetry method we used in the experiment is DPV, further validation

was performed. The voltage applied on the working electrode was shown in

Fig 7.1a. The duration of the pulse is 100 ms while one period is 1 s. The

current density was monitored for both the case with and without cell (see

Fig. 7.1b). Since the DPV method takes the difference value between the

after-pulse current and the before-pulse current, 50 ms was chosen as the

87



sampling time (see Fig. 7.1c). The sensitivity could be calculated as:

Sensitivity =
Idiff without cell − Idiff with cell

Idiff without cell
% (7.1)

The cases with two diffusion coefficients were compared in Fig. 7.1d and

the sensitivity from the lower diffusion coefficient environment showed higher

value than the other, which indicated the low diffusion coefficient is an ad-

vantage to this PVDF electrochemical sensor. When the simulation was

performed, the diffusion block mechanism was simulated as circle domains

with a very low diffusion coefficient. This diffusion limitation effect can be

observed from Fig. 7.1e and Fig. 7.1f, which shows the concentration distri-

bution at the same time.

7.3.2 Paper pore size and target size effect

Hela quantification with different pore size PVDF membrane was demon-

strated in Chapter 6 and the data from 5.0 µm paper showed better linearity.

This interested us to make a discussion about the effect from pore size and

target size. In order to get more evidence, we implemented the experiment

for bacteria quantification with both 5.0 µm and 0.65 µm pore size (see Fig.

7.2). The data from 0.65 µm paper shows better linearity and larger covari-

ance than that from 5.0 µm paper. While 5.0 µm showed better performance

for Hela quantification, we can make tempt conclusion that better perfor-

mance can be achieved when pore size is smaller than target size in the same

order. This discussion will provide useful guidance for the future design of

our paper electrode.

7.3.3 Small molecule interference

Before we are able to implement filtering function use paper-based electro-

chemical sensor, we need to analyze the interference from small molecules.

Since the filtering plus sensing stage is based on the physical trapping of

large bio-targets like cells or bacteria, small molecules were expected to flow

through the PVDF membrane electrode for sensing in the next stage. Two

kinds of molecule targets were selected for verification test: glucose and BSA.
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The concentration of glucose was made at 11 mM, which is twice the people’s

normal concentration (5.5 mM). A comparison was made between such glu-

cose and background electrolyte using DPV method (see Fig. 7.3a). There

was little variation between background and glucose, which means the glu-

cose molecules successfully flow through the membrane electrode and were

not physically absorbed at the porous electrode surface (see Fig. 7.3b). The

similar experiment was implemented with BSA. Since PVDF was widely used

for the Western Blot experiment, PVDF is able to largely adsorb proteins es-

pecially immersed in methanol. So the change of BSA concentration caused

the current peak change as expected (see Fig. 7.3c) and a linear correlation

could be formed for BSA in high concentration (see Fig. 7.3d). So BSA can

be a strong interference for filtering function and will alter results a lot for

cell/bacteria quantification. A separate stage for protein sensing is necessary

if we would like to use PVDF membrane as electrode substrate.

Figure 7.4 shows the results from EIS testing on BSA quantification.

7.3.4 Filtering function for separation

Filtering function will be implemented for separating small molecules from

large bio-target like cell or bacteria. The sensing of cell or bacteria could

be based on our previous work while the detection of small molecules could

be achieved using the colorimetric or electrochemical method. The key for

filtering function and small molecule detection is the paper-based micro-fluid

channel fabrication technique. The closed-form micro-fluid channel around

electrode will ensure the filtering process just through electrode and the

channel in post-filtering stage will guide the fluid to detection point. Here

we introduced a novel way to make such paper micro-fluid channels (see Fig.

7.5). The channel material is UV polymer, which is hydrophobic to PDMS

and with high viscosity. With exposure to UV light, such polymer will be

solidified within 1 minute. Since this material is hydrophobic, it can be easily

peeled off from PDMS and be used as micro-fluid channel to guide fluid flow.

An advantage of this technique is it keeps the conductivity of electrode on

PVDF membrane.

With the above paper micro-fluid fabrication technique, we are able to

implement filtering function for separation and multi-target testing.
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7.4 Conclusion

In summary, the optimization parameters were discussed in this chapter,

which include the paper pore size, bio-target size and small molecule in-

terference. The investigation indicated that the best performance could be

achieved when the bio-target size is larger than the paper pore size, but in

the same order. The interference analysis demonstrated that there is little

interference from non-absorptive molecules like glucose and other ions, while

the interference from protein needs to be considered seriously since it can be

highly adsorbed by PVDF membrane. For the implementation of filtering

function for multi-target testing, a novel fabrication method to create a pa-

per micro-fluid channel was illustrated. This method paves the way for the

future filtering function and multi-target separation.
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7.5 Figures

Figure 7.1: Simulation of cell blocking around electrode with DPV. (a) Electrode
potential applied for DPV. (b) Current density change with time for the case
without and with cells. Diffusion coefficient in the plot is 7.5 × 10−6 cm2/s. (c)
Zoom-in image of the pulse 2 current density in (b). (d) Comparison of sensitivity
for lower and higher diffusion coefficient. (e) Concentration profile for the case
without cell at time 2.95 s. (f) Concentration profile for the case with cell at time
2.95 s.
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Figure 7.2: E. coli quantification on PVDF with pore size of 5.0 µm and 0.65
µm. (a) DPV curve for E. coli on 0.65 µm PVDF paper. (b) Calibration for E.
coli quantification on 0.65 µm PVDF paper. (c) DPV curve for E. coli on 5.0 µm
PVDF paper. (d) Calibration for E. coli quantification on 5.0 µm PVDF paper.

Figure 7.3: Small molecule interference analysis. (a) DPV curve from glucose
and background electrolyte. (b) Comparison between glucose and background
current. (c) DPV curve from BSA at different concentration. (d) Calibration for
BSA concentration.
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Figure 7.4: EIS analysis for BSA quantification on PVDF membrane electrode.
(a) Nyquist plot of BSA EIS testing. (b) Magnitude of impedance from BSA EIS
test. (c) Phase of impedance from BSA EIS test. (d) Calibration for BSA at
frequency of 10 Hz.

Figure 7.5: The way of using UV polymer to create paper micro-fluid channel.
(a) 3D view of paper micro-fluid channel across electrode. (b) Back side and front
side views of paper micro-fluid channel. (c) Fabrication process for such paper
micro-fluid channel.
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[116] K. Stuĺık, C. Amatore, K. Holub, V. Marecek and W. Kutner, “Mi-
croelectrodes. definitions, characterization, and applications (technical
report),” Pure Appl. Chem., vol. 72, no. 8, pp. 1483–92, 2000.

[117] D. A. Lytle, E. W. Rice, C. H. Johnson and K. R. Fox, “Electrophoretic
mobilities of Escherichia coli O157: H7 and wild-type Escherichia colis-
trains,” Appl. Environ. Microbiol., vol. 65, no. 7, pp. 3222–3225, 1999.

[118] B. F. Rodak, G. A. Fritsma and E. Keohane, Hematology: Clinical
Principles and Applications. Elsevier Health Sciences, 2013.

[119] D. M. Jaffe and G. R. Fleisher, “Temperature and total white blood
cell count as indicators of bacteremia,” Pediatrics, vol. 87, no. 5, pp.
670–674, 1991.

104



[120] R. Virkki, T. Juven, H. Rikalainen, E. Svedström, J. Mertsola and
O. Ruuskanen, “Differentiation of bacterial and viral pneumonia in
children,” Thorax, vol. 57, no. 5, pp. 438–441, 2002.

[121] G. Opdenakker, W. E. Fibbe and J. Van Damme, “The molecular basis
of leukocytosis,” Immunol. Today, vol. 19, no. 4, pp. 182–189, 1998.

[122] E. V. Granowitz and R. B. Brown, “Antibiotic adverse reactions and
drug interactions,” Crit. Care Clin., vol. 24, no. 2, pp. 421–442, 2008.

[123] F. Koinis, G. Nintos, V. Georgoulias and A. Kotsakis, “Therapeutic
strategies for chemotherapy-induced neutropenia in patients with solid
tumors,” Expert Opin. Pharmacother., vol. 16, no. 10, pp. 1505–1519,
2015.

[124] T. J. Smith, K. Bohlke, G. H. Lyman, K. R. Carson, J. Crawford, S. J.
Cross, J. M. Goldberg, J. L. Khatcheressian, N. B. Leighl, C. L. Perkins
et al., “Recommendations for the use of WBC growth factors: Amer-
ican society of clinical oncology clinical practice guideline update,” J.
Clin. Oncol., vol. 33, no. 28, pp. 3199–3212, 2015.

[125] B. H. Hyun, G. L. Gulati and J. K. Ashton, “Differential leukocyte
count: Manual or automated, what should it be?” Yonsei Med J,
vol. 32, no. 4, pp. 283–291, 1991.

[126] M. Buttarello and M. Plebani, “Automated blood cell counts: State of
the art,” Am. J. Clin. Pathol., vol. 130, no. 1, pp. 104–116, 2008.

[127] L. Terstappen, B. G. DeGrooth, K. Visscher, F. A. VanKouterik and
J. Greve, “Four-Parameter white blood cell differential counting based
on light scattering measurements,” Cytometry, vol. 9, no. 1, pp. 39–43,
1988.

[128] J. C. Hudson, R. F. Brunhouse, C. Garrison, C. M. Rodriguez, R. Zw-
erner and T. R. Russell, “Lymphocyte subset determination using a
hematology analyzer,” Cytometry, vol. 22, no. 2, pp. 150–153, 1995.

[129] M. D. Graham, “The Coulter principle: Foundation of an industry,”
J. Assoc. Lab. Autom., vol. 8, no. 6, pp. 72–81, 2003.

[130] X. Cheng, D. Irimia, M. Dixon, K. Sekine, U. Demirci, L. Zamir, R. G.
Tompkins, W. Rodriguez and M. Toner, “A microfluidic device for
practical label-free CD4 T cell counting of HIV-infected subjects,” Lab
Chip, vol. 7, no. 2, pp. 170–178, 2007.

[131] M. T. Glynn, D. J. Kinahan and J. Ducrée, “Rapid, low-cost and
instrument-free CD4 cell counting for HIV diagnostics in resource-poor
settings,” Lab Chip, vol. 14, no. 15, pp. 2844–2851, 2014.

105



[132] X. Chen, C. C. Liu and H. Li, “Microfluidic chip for blood cell separa-
tion and collection based on crossflow filtration,” Sens. Actuators, B,
vol. 130, no. 1, pp. 216–221, 2008.

[133] D. M. Cate, J. A. Adkins, J. Mettakoonpitak and C. S. Henry, “Re-
cent developments in paper-based microfluidic devices,” Anal. Chem.,
vol. 87, no. 1, pp. 19–41, 2014.

[134] J. Adkins, K. Boehle and C. Henry, “Electrochemical paper-based mi-
crofluidic devices,” Electrophoresis, vol. 36, no. 16, pp. 1811–1824,
2015.

[135] M. Cuartero, G. A. Crespo and E. Bakker, “Paper-based thin-layer
coulometric sensor for halide determination,” Anal. Chem., vol. 87,
no. 3, pp. 1981–1990, 2015.

[136] X. Li, K. Scida and R. M. Crooks, “Detection of Hepatitis B virus DNA
with a paper electrochemical sensor,” Anal. Chem., vol. 87, no. 17, pp.
9009–9015, 2015.

[137] F. Liu and C. Zhang, “A novel paper-based microfluidic enhanced
chemiluminescence biosensor for facile, reliable and highly-sensitive
gene detection of listeria monocytogenes,” Sens. Actuators, B, vol. 209,
pp. 399–406, 2015.

[138] C. Ma, W. Li, Q. Kong, H. Yang, Z. Bian, X. Song, J. Yu and M. Yan,
“3D origami electrochemical immunodevice for sensitive point-of-care
testing based on dual-signal amplification strategy,” Biosens. Bioelec-
tron., vol. 63, pp. 7–13, 2015.

[139] D. Zhang and Q. Liu, “Biosensors and bioelectronics on smartphone
for portable biochemical detection,” Biosens. Bioelectron., vol. 75, pp.
273–284, 2016.

[140] G. L. Damhorst, C. Duarte-Guevara, W. Chen, T. Ghonge, B. T.
Cunningham and R. Bashir, “Smartphone-imaged HIV-1 reverse-
transcription loop-mediated isothermal amplification (RT-LAMP) on
a chip from whole blood,” Engineering, vol. 1, no. 3, pp. 324–335,
2015.

[141] S. Choi, “Powering point-of-care diagnostic devices,” Biotechnol. Adv.,
vol. 34, no. 3, pp. 321–330, 2016.

[142] H. J. Chun, Y. M. Park, Y. D. Han, Y. H. Jang and H. C. Yoon,
“Paper-based glucose biosensing system utilizing a smartphone as a
signal reader,” BioChip J., vol. 8, no. 3, pp. 218–226, 2014.

106



[143] J. L. Delaney, C. F. Hogan, J. Tian and W. Shen, “Electrogener-
ated chemiluminescence detection in paper-based microfluidic sensors,”
Anal. Chem., vol. 83, no. 4, pp. 1300–1306, 2011.

[144] V. Oncescu, D. O’Dell and D. Erickson, “Smartphone based health
accessory for colorimetric detection of biomarkers in sweat and saliva,”
Lab Chip, vol. 13, no. 16, pp. 3232–3238, 2013.

[145] W. Chen, K. D. Long, J. Kurniawan, M. Hung, H. Yu, B. A. Harley and
B. T. Cunningham, “Planar photonic crystal biosensor for quantitative
label-free cell attachment microscopy,” Adv. Opt. Mater., vol. 3, no. 11,
pp. 1623–1632, 2015.

[146] A. G. A. Aggidis, J. D. Newman and G. A. Aggidis, “Investigating
pipeline and state of the art blood glucose biosensors to formulate next
steps,” Biosens. Bioelectron., vol. 74, pp. 243–262, 2015.

[147] M. Varshney and Y. Li, “Interdigitated array microelectrodes based
impedance biosensors for detection of bacterial cells,” Biosens. Bio-
electron., vol. 24, no. 10, pp. 2951–2960, 2009.

[148] L. Yang, Y. Li and G. F. Erf, “Interdigitated array microelectrode-
based electrochemical impedance immunosensor for detection of Es-
cherichia coli O157: H7,” Anal. Chem., vol. 76, no. 4, pp. 1107–1113,
2004.

[149] S. J. Konopka and B. McDuffie, “Diffusion coefficients of ferri-and fer-
rocyanide ions in aqueous media, using twin-electrode thin-layer elec-
trochemistry,” Anal. Chem., vol. 42, no. 14, pp. 1741–1746, 1970.

[150] F. Wei, P. Patel, W. Liao, K. Chaudhry, L. Zhang, M. Arellano-Garcia,
S. Hu, D. Elashoff, H. Zhou, S. Shukla et al., “Electrochemical sensor
for multiplex biomarkers detection,” Clin. Cancer Res., vol. 15, no. 13,
pp. 4446–4452, 2009.

[151] X. Cao, J. Ma, X. Shi and Z. Ren, “Effect of TiO2 nanoparticle size
on the performance of PVDF membrane,” Appl. Surf. Sci., vol. 253,
no. 4, pp. 2003–2010, 2006.

[152] S. Yu and C. Gao, “Research on PVDF UF membrane with small pore
size,” Technol. Water Treat., vol. 25, pp. 83–88, 1999.

[153] L.-Y. Yu, Z.-L. Xu, H.-M. Shen and H. Yang, “Preparation and char-
acterization of PVDF-SiO2 composite hollow fiber UF membrane by
sol-gel method,” J. Memb. Sci., vol. 337, no. 1, pp. 257–265, 2009.

[154] J. Bisquert, G. Garcia-Belmonte, F. Fabregat-Santiago and A. Compte,
“Anomalous transport effects in the impedance of porous film elec-
trodes,” Electrochem. commun., vol. 1, no. 9, pp. 429–435, 1999.

107



[155] J. Bisquert, G. Garcia-Belmonte, P. Bueno, E. Longo and L. O. S. Bul-
hoes, “Impedance of constant phase element (CPE)-blocked diffusion
in film electrodes,” J. Electroanal. Chem., vol. 452, no. 2, pp. 229–234,
1998.

[156] J. Bisquert, G. Garcia-Belmonte, F. Fabregat-Santiago and P. R.
Bueno, “Theoretical models for ac impedance of finite diffusion lay-
ers exhibiting low frequency dispersion,” J. Electroanal. Chem., vol.
475, no. 2, pp. 152–163, 1999.

[157] R. G. Compton and C. E. Banks, Understanding Voltammetry. World
Scientific, 2007.

[158] X. Li, J. Tian, T. Nguyen and W. Shen, “Paper-based microfluidic
devices by plasma treatment,” Anal. Chem., vol. 80, no. 23, pp. 9131–
9134, 2008.

[159] S. I. Fox, “Human Physiology 9th Editon,” 1996.

[160] C. Porth, Essentials of Pathophysiology: Concepts of Altered Health
States. Lippincott Williams & Wilkins, 2011.

108


